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ABSTRACT

Total hip arthroplasty (THA) is the treatment of choice to relieve joint pain and
loss of mobility as a result of advanced stage osteoarthritis or other hip pathologies.
Despite their general success, THAs do fail, with revision rates estimated near 5% per
year. Instability, defined as the complete subluxation (dislocation) of the femoral head
from the acetabular socket — which usually occurs due to implant impingement — has
recently supplanted wear-induced osteolytic aseptic loosening as the leading cause of
failure in THA. Soft tissue integrity has long been recognized as influencing joint
stability, and therefore there has been great interest recently in improving soft tissue
restoration following THA. However, there is little quantitative information related to the
degree of soft tissue repair necessary to restore joint stability. Additionally, impingement
events, besides their role in prelude to frank dislocation, hold potential to damage new-
generation hard-on-hard bearings, due to the relatively unforgiving nature of the materials
and designs. Despite the largely biomechanical nature of these impingement-related
complications, they remain under-investigated relative to their burden of morbidity. In
addition to impingement, failure modalities unique to hard-on-hard bearings merit careful
biomechanical scrutiny. This includes investigation of catastrophic fracture in ceramic-
on-ceramic bearings, as well as analysis of patient, implant and surgical variables
associated with increased wear and adverse soft tissue engagement potential for metal-
on-metal implants. Toward the goal of improving current biomechanical understanding
of failure modalities in THA and to provide an objective basis for orthopaedic surgeons
to choose the most favorable implants and to identify optimal intraoperative parameters
which minimize failure propensity, a novel, anatomically-grounded finite element (FE)
model with hip capsule soft tissue representation was developed. This FE model was used
to investigate four principal modes of failure in THA, including dislocation,
impingement, fracture mechanics of ceramic implants, and various issues related to

failure mechanisms in metal-on-metal implants. The influence of soft tissue integrity and



patient obesity on dislocation was investigated. The model demonstrated that (1)
posteriorly directed capsule defects resulted in a substantial decrease in THA stability; (2)
proper repair of these defects returned stability to near baseline levels; (3) repairs with
too few sutures risked suture failure; (4) dislocation risk in obese patients increased for
body mass index exceeding 40 kg/m?; and (5) dislocation risk in obese patients could be
reduced with the use of cups in lower degrees of inclination and with the use of an offset
femoral neck. The FE model was also used to investigate potentially deleterious
consequences of impingement in THA. It was determined that (1) egress site stresses
exceeded impingement site stresses; and (2) stresses generated from bone-on-bone
impingement were less severe than those from hardware impingement scenarios. Linear
elastic fracture mechanics FE and eXtended FE (XFEM) models were also developed to
investigate fracture risk in ceramic liners. Fracture risk was found to be increased (1) for
malpositioned cups; (2) during stooping and squatting motions; (3) for cups with sharp
edges; and (4) for instances of high body weight. The final section of the research
involved various failure modes using metal-on-metal implants. Edge-loading is a
particularly important consideration for metal-on-metal THA, and edge-loading severity
was found to be highly sensitive to subtle changes in cup design. Additionally, a novel
method of implant orientation optimization was developed, and allows for ideal
acetabular cup positioning to be determined for any femoral head size and any patient-
specific degree of femoral anteversion. Finally, wear potential at the trunnion interface
for large diameter THA was found to increase dramatically for head diameters exceeding

40mm.
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ABSTRACT

Total hip arthroplasty (THA) is the treatment of choice to relieve joint pain and
loss of mobility as a result of advanced stage osteoarthritis or other hip pathologies.
Despite their general success, THAs do fail, with revision rates estimated near 5% per
year. Instability, defined as the complete subluxation (dislocation) of the femoral head
from the acetabular socket — which usually occurs due to implant impingement — has
recently supplanted wear-induced osteolytic aseptic loosening as the leading cause of
failure in THA. Soft tissue integrity has long been recognized as influencing joint
stability, and therefore there has been great interest recently in improving soft tissue
restoration following THA. However, there is little quantitative information related to the
degree of soft tissue repair necessary to restore joint stability. Additionally, impingement
events, besides their role in prelude to frank dislocation, hold potential to damage new-
generation hard-on-hard bearings, due to the relatively unforgiving nature of the materials
and designs. Despite the largely biomechanical nature of these impingement-related
complications, they remain under-investigated relative to their burden of morbidity. In
addition to impingement, failure modalities unique to hard-on-hard bearings merit careful
biomechanical scrutiny. This includes investigation of catastrophic fracture in ceramic-
on-ceramic bearings, as well as analysis of patient, implant and surgical variables
associated with increased wear and adverse soft tissue engagement potential for metal-
on-metal implants. Toward the goal of improving current biomechanical understanding
of failure modalities in THA and to provide an objective basis for orthopaedic surgeons
to choose the most favorable implants and to identify optimal intraoperative parameters
which minimize failure propensity, a novel, anatomically-grounded finite element (FE)
model with hip capsule soft tissue representation was developed. This FE model was used
to investigate four principal modes of failure in THA, including dislocation,
impingement, fracture mechanics of ceramic implants, and various issues related to

failure mechanisms in metal-on-metal implants. The influence of soft tissue integrity and
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patient obesity on dislocation was investigated. The model demonstrated that (1)
posteriorly directed capsule defects resulted in a substantial decrease in THA stability; (2)
proper repair of these defects returned stability to near baseline levels; (3) repairs with
too few sutures risked suture failure; (4) dislocation risk in obese patients increased for
body mass index exceeding 40 kg/m?; and (5) dislocation risk in obese patients could be
reduced with the use of cups in lower degrees of inclination and with the use of an offset
femoral neck. The FE model was also used to investigate potentially deleterious
consequences of impingement in THA. It was determined that (1) egress site stresses
exceeded impingement site stresses; and (2) stresses generated from bone-on-bone
impingement were less severe than those from hardware impingement scenarios. Linear
elastic fracture mechanics FE and eXtended FE (XFEM) models were also developed to
investigate fracture risk in ceramic liners. Fracture risk was found to be increased (1) for
malpositioned cups; (2) during stooping and squatting motions; (3) for cups with sharp
edges; and (4) for instances of high body weight. The final section of the research
involved various failure modes using metal-on-metal implants. Edge-loading is a
particularly important consideration for metal-on-metal THA, and edge-loading severity
was found to be highly sensitive to subtle changes in cup design. Additionally, a novel
method of implant orientation optimization was developed, and allows for ideal
acetabular cup positioning to be determined for any femoral head size and any patient-
specific degree of femoral anteversion. Finally, wear potential at the trunnion interface
for large diameter THA was found to increase dramatically for head diameters exceeding

40mm.
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A similar BMI-versus-cup-inclination relationship was shown for the
standard offset 36mm cup (B), where instability was most pronounced
at higher cup abduction angles. Dislocation risk was substantially
reduced when a high offset (§mm) neck was used with the 36mm cup

(). oo e oo eeoee e ee e e e e ees s e s e e s e e s e eer e

Jump distance with larger heads and rounded cup edges. The 28mm
THA hardware (A) consisted of a standard offset neck with a 5°
anteverted stem (left), and a 28mm cup diameter cup (middle) with a
flat lip and chamfer (right) and 180° of head articular coverage,
resulting in 14mm of “jump distance” required for dislocation. The
36mm THA hardware (B) also consisted of a standard offset neck
anteverted to 5° (left). The cup diameter was 36mm (middle), but the
rounded lip/chamfer of the cup (right) resulted in only 163° of articular
coverage, decreasing the “jump distance” from a full head diameter

(18mm) to only 15.3MM. ...eiiiiiiiiiiiieciieeeeeee e

Thigh-thigh impingement force. Peak loads required to initiate
subluxation of the femoral head were strongly sensitive to cup lip
design, with cups with larger lip fillet radii (and therefore less articular
head coverage) requiring less laterally-directed thigh-thigh contact

force to become unstable. Cups were in 50° of abduction. ............cccceueeee.

Commonly used acetabular cup orientation measurements. Each
orientation method defines cup inclination identically, while version is

based upon different reference planes and rotational axes. ........c..ccceecvenne

Contour plot of liner von Mises stresses developed during
impingement/subluxation of a right hip at high flexion. Stress
concentrations occur at two distinct regions of the cup: the
impingement site (anteriorly) and the egress site (posteriorly). For
visualization clarity, the bony femur is removed, the femoral
component is rendered translucent, and only the anterior half of the

CAPSULE 1S SHOWNL ...oviiiiiiiiiiiecee e

Contact analysis convergence study for neck impingement. Mean
relative errors for FE-predicted contact pressure, compared to a
Hertzian analytical solution for a surrogate contact analysis for eight
different mesh densities. Model run times for each simulation are also
shown (right axis). A target global mesh density of 5 elements/mm’
yielded an appropriate trade-off between accuracy and computational
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Figure 40:

Figure 41:

Figure 42:

Figure 43:

Figure 44:

Figure 45:

Figure 46:

Figure 47:

Figure 48:

Figure 49:

Peak contact pressure vs. mesh density for submodeling. The gold
standard was an analytical Hertzian solution for a contact of a partially
nested sphere-in-torus, simulating the geometry of egress-site edge-
loading during femoral head subluxation. Convergence was attained at

an approximate mesh density of 20 elements/mm”. ..........ccccoceviineriennnne.

(A) Global model for a 40°-tilt, 20°-anteversion cup during neck-on-
liner impingement. For visualization clarity, the hip capsule has been
removed and the femoral component rendered translucent. (B)
Associated second-stage submodel for the liner, demonstrating
substantial improvement in resolution of the contact stress contours as
compared to the global model. (C) Close-up view of the impingement-

site for the submodel Shown in (B).......c.ccoooviiiiiiiiiiiiciiceeeeeeeeee

Range-of-motion at incipient impingement for sit-to-stand (STS) and
stooping dislocation challenges for (A) 40° of cup tilt as a function of
cup anteversion and (B) for 10° of cup anteversion as a function of cup

ELLE. et

von Mises stress for egress-site and impingement-site regions for both
sit-to-stand and stoop challenges, as a function of tilt for a 10°
anteverted cup. The relationships were approximately linear (dashed

lines are linear rEGIeSSIONS). ..cueruverreerieriiniieieeie ettt ettt

Egress-site peak vM stresses. (A) MoM sit-to-stand; (B) MoM stoop;

(C) CoC sit-to-stand and (D) CoC StOOP. ..ccveevreeiieniieeiieiie e

Impingement-site peak vM stresses. (A) MoM sit-to-stand; (B) MoM

stoop; (C) CoC sit-to-stand and (D) CoC StOOP......ceveeevreriieeiieiieeieeieene

Contour plot of cumulative linear “scraping” wear at both the egress
site and impingement site for a 40°-tilt, 20°-anteversion cup developed

during the stoop challenge. ...........ccceeviieiiieiiieniieee e

The THA FE models used in the bone impingement study. From left to
right: 32, 34, 36, 38, 40, 42, and 44mm. The acetabular component was
positioned neutrally within the pelvis (40° inclination, 15° acetabular

ANETEVETSION). .oeiiuriieitieeeitreeeitteeeitteeeiteeeeseeeeseeesseeessseeessseeessseeeesseesasseesssseeans

THA impingement challenges. A) sit-to-stand from a low and a normal-
height seat, (B) leg crossing, (C) leaning, and (D) stooping. There were
also two anteriorly-directed challenges: (E) standing while pivoting the

upper body and (F) rolling over while supine. Squatting is not shown.......

Site of osseous impingement. Pure flexion (a) resulted in impingement
between the femur and the anterior inferior iliac spine, at approximately
100° of flexion. By contrast, even with 105° of flexion, stooping (b) did
not result in impingement. Squatting, however, resulted in
impingement on the acetabular rim at 108° of flexion (c). Illustration is

for 38mm femoral head dIaMELETS. ......oevveveeeeieiieiieeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeees
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Figure 50:

Figure 51:

Figure 52:

Figure 53:

Figure 54:

Figure 55:

Figure 56:

Figure 57:

Peak surface (von Mises) stress (a) and peak resisting moment (b) for

the 21 distinct FE models. Component-on-component impingement
demonstrated substantially greater edge-loading stress compared to the

two bone-on-bone impingement variants, but dislocation resistance for
component impingement was significantly reduced.............ccoceveriiriinennns 84

Linear elastic fracture mechanics for mode-I fracture. The flaw-

magnified stress tensor, ojj is determined from the far-field stress (™),

the crack length (a), the distance from the crack tip (r), the angle of

crack orientation (0) and the mode-I stress intensity factor (Kj). .................. 87

Different modes of fracture. Mode-I describes opening (tensile) at the

crack tip. Mode-II describes sliding (in-plane) shear, while mode-III
describes tearing (out-of-plane) shear. In real-world situations, typically

all three modes contribute to material failure, a condition termed

“mixed mode™ failure. .........cooiiiiiiiiiiii e 87

Fracture of the femoral head typically occurs during the impaction of
the femoral head onto the neck, creating areas of high tensile stress. ............ 89

Retrieved ceramic liners from failed CoC THAs. (A), impingement

damage is observed on the acetabular shell (white arrows), resulting in

head subluxation and edge loading (stripe wear on head, red arrow).
Edge-loading is thought to cause fracture of the ceramic liner (black

arrows). Similar mechanisms are observed in (B), with impingement

damage (red arrow) leading to liner edge fracture (white arrow)................... 89

LEFM algorithm. The ceramic liner LEFM FE model consisted of
several parts. (1) Impingement- and egress-site stresses in the ceramic
liner occurring due to component impingement from a sit-to-stand
challenge are determined from the global model of THA impingement
(explicit solution scheme). These stresses are then passed as boundary
conditions to the first LEFM submodel (2). In this first LEFM series,
the position-dependency on sub-critical flaw propagation was
determined. The worst-case site scenario was then identified. A second
global THA FE series (3) was conducted, investigating multiple
impingement/dislocation challenges, as well as parametric investigation
of fracture propagation dependency on global cup orientation. These
solutions were then passed to the second LEFM submodel series (4),
where stress intensity factors were calculated as a function of motion
challenge and acetabular cup poSItion. ..........ccccueevuieeiiierieeiiieeie e 90

THA impingement FE model. Kinematic challenges begin in full

extension (top), and progressed through hip flexion resulting in

impingement (bottom), resulting in stress concentrations at both the site

of neck-liner contact, and at the posterior region. ..........cccecceeeeveeriieereennennen. 91

Cracked ceramic liner. (a) An affected sector of the liner. The crack tip

(b) is composed of special fracture elements, surrounded by refined
rosettes facilitating computation of stress intensity factors. .........ccccceceeveennens 92
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Figure 58:

Figure 59:

Figure 60:

Figure 61:

Figure 62:

Figure 63:

Figure 64:

Figure 65:

TrueGrid crack meshing scheme. (a) Physical mesh of a cracked sector
of the liner. (b) Corresponding computational-space mesh of the
cracked sector. The crack tip is composed of nodes from 310 elements.
(c) Close-up view of the elements forming the crack-front, and
corresponding computational window of crack front (d). The nodes on
the crack face are constrained to be planar. The wedge-shaped elements
seen in (c) were actually collapsed 20-noded hexahedral elements.
However, there exist 31 crack-tips, instead of the desired single crack
tip independent node set. Merging of these crack-tip nodes occurs

during mesh-postprocessing in Mathcad. ...........ccccoevieiiiieniiiiiiniecieee

Mesh post-processing. Left figure represents two elements from a
single row of elements on the crack front for the un-processed TrueGrid
output. Each element consists of 20 independent nodes, with the mid-
side note located at the 50% station. The two elements depicted contain
40 individual nodes. Right: after mesh post-processing in Mathcad. The
crack-tip has been merged, with a single set of 21 total nodes
comprising the entire crack tip. Thus, for the two elements seen in the
figure, 32 nodes were present. Also, the mid-side node has been moved

to the qUATter-PoINt POSILION. .....eevieiieetieriieeiie ettt ettt et e sieeeaeeens

LEFM crack locations. Crack tip rotated circumferentially around the
cup pole in 30° increments to create the twelve submodels used in this
investigation. The 0° position was assumed to align with the egress-site

stress concentration seen in Figure 56. ........cccoocevvieiiiiiiieniicciieniecieee,

Flaw propagation was predicted by assessing regions of the liner which
had the highest numerical values of J-integral (A), Ki (B), Ki (C) and
Ky (D). Flaws positioned at the egress region resulted in computed

values Of K 1N €XCESS OF K 0. uuunueeeeeeeeeeeeee e e e e e eeeeeaeeeaeas

Orientation dependency of K; on cup inclination angle for both sit-to-
stand from a normal chair height (SSN) and stooping for a neutral (10°)
anteverted cup. The Kjc (gray bar) was exceeded for malpositioned
orientations for the SSN, and for several orientations of the stoop
motion sequence. Computed values of K; were monotonically

correlated to cup position for both kinematics (dashed lines). ...................

Computed values (continuously interpolated from 30 discrete
samplings) for a stoop fracture challenge, demonstrating fracture

sensitivity to both cup inclination and anteversion............ccceevveveenueeiennnene

Mixed-mode stress intensity factors for seven impingement-prone
motion challenges. Three kinematic sequences demonstrated KI in
excess of the KIC, suggesting a high probability of critical fracture.
Values of mode-II (shear) and mode-III (tearing) demonstrate similar

trends t0 thOSE O KL ....eeeeeeee e e e e e e e e e e eans

Computed reaction force (joint contact force) for the seven motion
challenges. The three highest-risk motions (shoe-tie, squat and stoop)

demonstrated the highest joint force..........cccoeviieiiieniiiiiieee e
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Figure 66:

Figure 67:

Figure 68:

Figure 69:

Figure 70:

Figure 71:

Figure 72:

Figure 73:

XFEM theory. In standard FE modeling, the displacement field is a
continuous function across the element (A). To model a discontinuity
across the element, the model mesh must be structured such that the
discontinuity lies across the element boundaries (B). However, XFEM
allows for mesh-independent modeling of discontinuities (C) by
incorporating enrichment features to the standard displacement
approximation. The element enrichment incorporates discontinuities
(D) which cut across the entire element, as well as the crack-tip
asymptotic fields (see Figure 51). u; is the usual nodal displacement
vector, Ni(x,y) are the usual nodal shape functions, a; and b; are
enriched degree-of-freedom vectors, H(x,y) is the Heaviside step

function, and F(X,y) are crack tip functions. ...........cccecceevviierieniienrennnnne

For each enriched region in an XFEM analysis, only a single crack is
allowed to initiate and propagate. To model cracks associated with
THA impingement, two such enrichment zones are required: One for

the region associated with head egress, and the second corresponding to
the region of potential neck-on-cup impingement.............ccceeeveeveennrennen.

The influence of cup edge design on fracture risk was investigated by

considering four distinct values of cup edge fillet radius. ..........cccecueennene

Contour plot of signed distance magnitude (PHILSM) following
fracture of the 28 mm ceramic liner. Impingement during the sit-to-
stand simulation led to egress-site stresses exceeding the fracture
initiation criterion, resulting in fracture initiation at the cup edge (r =0
mm). During subsequent steps, stresses exceeding the mixed-mode

energy release rate resulted in fracture propagation. ..........ccceeeeeveerieennnnnne

Deep flexion during squatting led to near-edge loading and
development of high stress at an intermediate location between the cup
edge and cup pole. These stresses were passed to the XFEM submodel,
which allowed for both fracture initiation and crack propagation to

L0 L0 L

Fracture in the 36mm cup occurred primarily at one (or more) specific

STEES. weveteteeeeeeeeeeeeeeeeeeeeeeeee e ee e ———————————————————————————ta—————————————————————————————————————————

The articular coverage arc (o) of the liner is a function of the cup lip
radius (r). Increasing the cup lip radius decreased articular coverage.
The articular arcs corresponding to the seven cup lip radii considered

WETE @S LADULALEA. ... e

Contact pressures (CPRESS, MPa) are shown for the six non-zero cup
radii used in the validation series. Contact simulations were highly
sensitive to mesh resolution near the engagement site. Therefore, mesh
zoning resolution, which was determined from mesh sensitivity
convergence studies, was approximately equal for the entire contact

region (shown here as the outlined elements near the edge of the cup). ...
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Figure 74:

Figure 75:

Figure 76:

Figure 77:

Figure 78:

Figure 79:

Validation of the FE simulations was conducted by comparing the
computed contact pressures for edge-loading with corresponding
Hertzian exact solutions for Hertzian elliptical (sphere-on-torus)
contact. The specific cases used were a cup in 40° of inclination and
10° of anteversion (background image), at six values of cup lip radius.
(The condition of 0 mm cup lip radius did not meet the predicate
analytical solution conditions for elliptical contact.) The mean error in

PEAK SIIESS WAS 8.8%0. .eeevvieiieeiiieiieeieeeite ettt ettt

Subluxation-free range of motion (ROM) for 77 separate permutations
of cup lip radius and cup inclination. In general, ROM was reduced for
increased values of cup lip radius and decreased cup inclination. The
reduction effect on ROM due to cup lip profile design was most
pronounced for the more horizontally oriented cups, where a 10°
decrease in ROM was demonstrated for cups positioned in 30° or less
of inclination. Contact pressure (MPa) contours for the 5-mm lip radius

cases are ShOWN 1N the IOWET TNSELS. ...vuvueeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeneeeees

Subluxation-free range of motion (ROM) for 77 permutations of cup lip
radius and cup anteversion. Similar to the inclination series (Figure 75),
ROM was decreased for both increased values of cup lip radius and
decreased cup anteversion. However, ROM at higher anteversion
angles was less sensitive to cup lip radius. Contact pressure (MPa)

contours for the 5-mm lip radius cases are shown in the lower insets ........

Dislocation resistance work for 77 separate permutations of cup lip
radius and cup inclination. Resistance energy was greatest for cups with
the smallest lip radius at higher cup orientations. The effect of cup lip
radius was most pronounced at more horizontal orientations, where
increasing the cup edge radius from Omm (3.3J) to 6mm (1.4J) for a
cup in 20° of inclination resulted in a 60% reduction in dislocation

TESISEANICE CIICTZY ..evvevrenrienteriierieeteeitesteete st e st et e et e sbe et sbtesbe e b e eanenaeentesanens

Dislocation resistance work for 77 separate permutations of cup lip
radii and cup anteversion. In general, dislocation resistance increased
for decreased values of cup lip radius and increased cup anteversion.
However, cup edge design demonstrated little effect for cups anteverted

AL LEASE 15, ettt nnnnnnnnn

Computed peak values of surface (contact) von Mises stress versus cup
lip radius for the eleven cup inclinations. For the higher cup
inclinations (60°, 65° and 70°), polynomial regression trends (broken
lines) demonstrate a distinct intermediate cup radius (~1.7 — 2.6 mm)
for which peak contact pressure is predicted to be minimal. By contrast,
trends for lower cup inclinations (20°-40°) all demonstrated a distinct
radius for which peak contact stress is maximized. Intermediate cup
inclinations (45°, 50° and 55°) demonstrated lip radii having both local
minima and maxima of peak contact stress. Many of the permutations
of cup lip radius and cup inclination demonstrated surface stresses in
excess of the yield strength of wrought Co-Cr alloy (827 MPa,
horizontal solid line), indicating a likelihood of permanent material

deformation at the cup €dge.......c.cooveeiiieiiieiiiieeee e
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Figure 80:

Figure 81:

Figure 82:

Figure 83:

Figure 84:

Figure 85:

Figure 86:

Peak surface von Mises stress versus cup version, for the seven cup lip

radii. Variations in surface stress were greatest for lower values of cup
anteversion, but demonstrated minimal variation for cups in 9° or more

of anteversion. Many permutations of cup lip radius and cup orientation
demonstrated surface stresses in excess of the yield strength of wrought
Co-Cr alloy (horizontal solid line), indicating high likelihood of

permanent deformation at the cup €dge.........ccoevveeiiieiiieiieniieee e, 124

Computed values of volumetric scraping wear versus cup chamfer

radius for various cup inclinations at 6° of anteversion. Scraping wear

tended to decrease with increasing lip radius, especially for radii above

2mm, but there were several instances of heightened scraping for

conditions of low inclination and small lip radius.........c..cccceeevievierieeneennen. 124

Scraping wear scar computed on the femoral head for a 40° inclined, 6°
anteverted cup with a 3 mm radius. A similar damage feature is

apparent on a femoral component head (similar trunnion taper axis
orientation) from an implant that was revised at 2 months due to

AISIOCALION. ... 125

As a function of lip radius, values for inclination angle (left axis, circle
symbols) and anteversion (right axis, square symbols) having the

minimal peak surface stress. For cups with a lip radius greater than 1

mm, these “best-case” cup orientations lie outside the generally

accepted “safe zone” for THA implantation. Therefore, it is suggested

that the best possible cup edge design as regards wear minimization and
implant stability is one with an edge radius as small as possible. ................ 128

Intraoperative image of an MoM implant trunnion during revision

THA, from a patient with pain and elevated metallic ions three years
post-operatively. Visually extensive corrosion (white arrow) was

identified along the distal aspect of the trunnion. Gross macroscopic

wear was identified on the trunnion surface, especially at the leading

and trailing edges (blue arrows). Histology confirmed tissue reaction to

Metal dEDIIS. .....oouiiiiiiii e 129

The FE model consisted of THA hardware, bony anatomy (A) and the

hip capsule (B). When appropriately seated on the tapered trunnion of

the neck, a moment arm exists between the center of rotation of the

head and the center of pressure on the trunnion (C). Femoral head

diameters used in this study included 32mm (A), 36mm (B), 40mm (C),
44mm (D), 48mm (E), 52mm (F) and 56mm (G). The trunnion/bore
geometry was identical for all neck/head assemblies. ..........cccceevevierueeennennne. 131

Impaction seating of the trunnion/head interface was performed by
simulating a single impulsive (20 ms) load to the femoral head, in a

direction parallel to the axis of the trunnion (A), resulting in initial

contact between the trunnion and head bore (B). The head was firmly

seated at the end of the impaction impulse (C). Loads of 5 kN

(baseline), 1 kN and 17 kN were considered. ...........ccooeeeeereeeeieeenveecenieenne, 132
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Figure 87:

Figure 88:

Figure 89:

Figure 90:

Figure 91:

Convergence study for trunnion mesh FE study. A contact analysis
convergence study was used to determine the appropriate mesh density

used for the trunnion/bore assembly. Peak values of contact stress at the
interface were recorded during the head seating analysis step. A

nominal mesh density of 10 elements/mm” was deemed to provide

suitably accurate solutions, consistent with reasonable computational

STe70) 110711 ) TP 133

Femoral head subluxation. Subluxation was tracked during the entire
kinematic sequence for each simulation. Subluxation distance during

the five dislocation challenges were averaged for each of the 36

separate cup orientations (radiographic orientation) for a femoral stem

in 10° of anteversion. For the 32mm head diameter (A), average

femoral head subluxation was greatest for cups positioned in low

values of acetabular anteversion and inclination as well as for cups
positioned in high anteversion. Subluxation was similarly influenced

for head diameters of 36mm (B), 40mm (C), 44mm (D) and 48mm (E). ....135

The percent of orientations yielding a stable articulation (defined as

having a maximum femoral head subluxation <Imm) was shown to

increase as a function of femoral head diameter. The effect of

increasing head size was greatest when moving from 32mm to 36mm,

while there was progressively diminishing improvement in stability

with the further increases of head diameter. ............cc.coccoceeiiiiiininininnns 136

Peak values of surface von Mises (VM) stress occurring at the articular
surface were determined for each simulation. For gait (A), bearing
surface stress decreased precipitously when head diameter was
increased from 32mm to 36mm, for all three cup orientations.
Progressively more modest decrements in bearing surface stress with
increased head diameter were observed for head increases beyond
36mm. Similar relationships were observed for stooping (B) and sit-to-
stand (C) for the neutrally and vertically positioned cups. For both of
these latter dislocation challenges, surface stress was greatly increased
for horizontal cups, due to impingement, subluxation, and significant
€AZE 10AING. ...viiiiiieiie e 137

Peak values of von Mises (VM) stress occurring at the trunnion were
found to increase with increased femoral head diameter for all three cup
orientations during the gait motion challenge (A). The influence of
head diameter on trunnion stress was progressively more pronounced
for higher head diameters. A similar dependency of head diameter on
trunnion stress was also observed for the sit-to-stand (B) and stooping
(C) challenges. (Stooping simulations with horizontally positioned cups
at lower values of head diameter resulted in frank dislocation before
maximum joint contact stresses could be developed, resulting in lower
values of trunnion stress.) For stooping, stresses at higher values of
head diameter were found to approach or exceed the yield stress of
CoCr (broken horizontal line), indicating increased potential for plastic
yield on the trunnion surface for larger head diameters. ...........cccceevuernenne 138
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Figure 92:

Figure 93:

Figure 94:

Figure 95:

Figure 96:

Figure 97:

Figure 98:

Figure 99:

Relative nodal slippage (micromotion) during the input
assembly/motion simulations occured in six distinct modes. Trunnion
assembly during impaction resulted in vertical slip of interface nodes
(1). After the impaction load, elastic recoil in the trunnion/bore interface
resulted in relaxation of the assembly, and slip in the opposite direction
(i1). During the motion sequence, node slip was minimal during low
values of joint contact load and bearing surface frictional torque (iii).
For intermediate values of both bearing surface frictional torque and
joint contact force, net slipping was primarily rotational (iv). Further
increasing both bearing surface frictional torque and joint contact loads
resulted in a mixed rotational/translation slip (v). At peak values of
joint contact load, slip was primarily parallel to the axis of the

trUNNION/DOTE (V1)1 eiiiuvieiiiiieiiieeeiee ettt ete e et e e e e veeeeaaeeeeareeeaneeas

Micromotion of the trunnion relative to the head bore resulted in the
generation of linear wear on the interface surfaces. Total cumulative
linear wear for gait at the end of the motion cycle (A) was
approximately half that occurring for the sit-to-stand (B). For all

motions, linear wear increased with increased femoral head diameter. .....

Volumetric wear at the trunnion demonstrated strong dependence upon
head size for gait (A), stooping (B) and chair rising (C). This
dependency of head size was most pronounced at higher values of head

QIAIMIELET. «oeeeeeeeeeeeeeeeeeeeeeeeeeee ettt ettt et e e eeee e e ee e e e e eeeeeeeeeeeaeeeeeeeeeeeaeeeee

The FE simulation consisted of three distinct phases. The femoral head
was impacted onto the trunnion (i) resulting in the rapid development
of contact pressure at the interface. After the impulse loading, the
trunnion/bore interface underwent elastic recoil (ii) until static
equilibrium was reached. Then the motion cycle was run (iii) (gait in
this example). While the use of higher impaction loads resulted in
substantially greater initial contact pressure, all three simulations

converged towards similar values of pressure during the simulation.........

Increased interface motion, measured in terms of instantaneous slip
distance between nodes at the interface, was seen for the simulation
with a low (1 kN) impaction load, versus normal (5 kN) or increased

(17 KIN) L0AS. o.eeveieeiieeciee ettt et e eae e e eareeens

Increasing the value of impaction force decreased the volumetric wear
occurring at the trunnion interface. This relationship exhibited

exponential-type decay (inverse power law regression)..........ccoeevveevennenne

“Safe zone” as defined by Lewinnek et al. *°. Optimal implantation was
determined to be 40° inclination (8) and 15° acetabular anteversion (o).
A four-fold higher risk for dislocation was observed for THAs

positioned outside this TEZION. ........cceevvierieriiieiieeiieie e

Thirty-six distinct cup orientations were investigated. These were

determined using the anatomic reference frame. ...........coceveeveiiiniencenen.
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Figure 100:

Figure 101:

Figure 102:

Figure 103:

Figure 104:

Figure 105:

Figure 106:

Figure 107:

Figure 108:

Figure 109:

Interpolation of the anatomic cup orientations allows for representation
of the FE state-space rendered in the more clinically useful
radiographic Orientation. ...........ceceeeiiierieeiiieiie et

Four values of femoral anteversion were investigated (0°, 10°, 20°,
300 ettt et et e et e e ae e treete e eaneereeeaeas

Five femoral head diameters were investigated (32, 36, 40, 44 and
AEININ). c..etiiieeeeiiieeeeeitee e e ettt e e e e taeeeeetteeeeesaaaeeeeaaaeaeeesnsseeeeatbaeaeennraeaeeanns

Optimization algorithm. Optimization of MoM THA considered both
implant stability and bearing surface wear. The algorithm was applied
to each combination of femoral head diameter and femoral anteversion
(twenty such combinations). Using this methodology, final
optimization determination was regressed for both femoral head
diameter and femoral anteversion. ..........c.ccccecevenerinieiieienienieneneeeees

For every combination of head size and femoral anteversion, femoral
head subluxation was assessed for each of the five dislocation
challenges (A-E). The average subluxation (F) was then computed by
taking the arithmetic mean at each of the thirty-six cup orientations for
all five motion challenges. The illustration shown is for a 36mm
femoral head with 20° femoral anteversion (anatomic reference frame).

From the averaged head subluxation, a “stability metric” was computed
in anatomic orientation (left), which was then interpolated into the
radiographic reference frame (right). The stability metric is a
normalized parameter (1-100). The instance shown is that for a 36mm
femoral head with 20° femoral anteversion............ccccceceeveevinieneenennene.

Surface element connectivities. (A) Ceramic liner. (B) High-resolution
view of the cup edge. Whereas most surface elements had four nodes
on the surface, a ring of elements forming the cup (radiused) edge
contain six nodes (C). Additionally, most nodes on the cup surface
were connected to four elements (red nodes, D), some nodes on the
peripheral surface were associated with only two elements (blue
nodes). Bookkeeping of these features were required to generate the
declared global variables for the bearing surface wear calculations. .......
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INTRODUCTION

Surgeons are exposed very briefly to physics in school. They have no
acquaintance whatever with the problems of stress mechanics and industrial
design. Many of the problems of orthopaedic surgery lie in these fields, but the
surgeon goes blithely on his way of doing things that an engineer would never
dream of doing. I have done them; others have done them; and it never occurred
to us that our complete disregard of mechanical principles made failure inevitable.
Ignorance of the laws of mechanics does not preclude failure.

Duncan C. McKeever, Biomechanics of Hip Prostheses '

Total hip arthroplasty (THA) is the treatment of choice to relieve joint pain and
loss of mobility as a result of end-stage osteoarthritis or other severe hip pathologies, and
is widely considered to be one of the most successful surgical interventions in all of
medical history . Currently, more than 250,000 cases are performed per year in the US, a
figure which is expected to double in the next 20 years . Over many decades of
innovation, hip replacement has seen continual advances; however, the rates of failure,
measured in terms of diagnoses requiring a revision surgery, have actually increased in
recent years !, underscoring the need to further our understanding of THA failure
mechanisms. Historically, the most common cause of failure in conventional THA has
been from loosening of the implant (osteolysis) due to immunological reaction to
polyethylene wear. Efforts to reduce wear have led to a recent shift toward advanced low-
wear bearing couples for THA. As a result, implant dislocation is now the most common
cause of failure. While successful in reducing failure due to osteolysis, these advanced
THA designs are susceptible to their own novel failure mechanisms. However,
mechanistic information regarding these failure modalities are under-investigated relative
to their burden of morbidity. Therefore, the objective of this body of work has been to
improve the biomechanical understanding of failure mechanisms in contemporary THA.
This thesis presents results from a series of novel FE models developed to explore THA
failure mechanisms, and further technical details of model formulation and additional

results are presented in a series of manuscripts and abstracts listed in the Appendix.



Failure in Hip Arthroplasty: Historical Perspectives

Arthroplasty is the surgical reconstruction of the articular surface of a joint.
Anthony White of London is considered to have carried out the first successful
arthroplasty of the hip in 1821, when he corrected a traumatic deformity of the hip in a
nine-year-old patient by excising the head, neck and trochanters of the femur, resulting in
the eventual formation of a fibrous pseudoarthrosis at the hip, permitting pain relief and
“perfect” restoration of function in the previously bedridden patient °.

Likely influenced by the pioneering work of American J. M. Carnochan
beginning in 1840 ¢, Auguste Verneuil and later Leopold Ollier of Paris, France began
using foreign materials — including muscle, fat, and connective tissues — between
contacting surfaces in the hip joint (so called “interpositional arthroplasty”) to relieve
pain and prevent permanent deformity for debilitating hip pathology beginning in 1860.
However, lacking suitable fixation methods for the interpositional material to the articular
surface of the joint, these early attempts generally resulted in poor clinical performance.

While experimentation with different interpositional arthroplasty materials
continued for many years, it was German surgeon Themistocles (Thomas) Gluck who in
1891 attempted the first hip arthroplasty by physically replacing bone with a foreign
material ’. After trialing a variety of materials including wood, glass, and steel in animal
studies, and perhaps influenced by German colonies in West Africa, Gluck settled on
ivory as the ideal biomaterial for numerous orthopaedic applications, including joint
replacement of the knee, ankle, wrist, elbow, shoulder, and hip (Figure 1). While
“spectacularly successful” ® short term, Gluck’s ivory prostheses all ultimately
succumbed to infection.

While Gluck’s pioneering work was largely ostracized by the German medical
community ¥ work with ivory hip replacements continued to some degree in Britain.
Surgeon Ernest Hey Groves developed an ivory femoral head prosthesis (Figure 2) to

treat various hip ailments of both pediatric and adult patients '°. Again, despite promising



short-term results, ivory as a hip biomaterial failed to realize a viable path towards long-

term success.
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Figure 2: Diagram of ivory femoral head replacement developed by E.W.H. Groves '°. A,
Head of nail; B, Acetabulum; C, Shaft of femur; D, New neck made from the shaft of
opposite femur.



A new era of hip treatment was ushered in by Norwegian-born surgeon Marius N.
Smith-Petersen of Boston ''. After observing the formation of a glistening smooth
membrane surrounding a piece of glass removed from a patient’s back after a year in situ,
Smith-Petersen conceived the idea that a similarly inert material may act as a “mold”
between the femoral head and acetabulum. Temporary implantation of this mold between
the reshaped surfaces of the femoral head and acetabulum, he conjectured, would allow
for the physiologic generation of smooth, repaired articular surfaces. Once the mold was
subsequently removed, it was believed the incongruous surfaces of the joint would be
healed and the procedure would permit the return of normal joint articulation and

function. Smith-Petersen began implanting glass molds in patients in 1923 (Figure 3).

Figure 3. Smith-Petersen glass mold arthroplasty. One such device was implanted in a 19
year old female patient with ankylosis of this hip which occurred as a complication of
scarlet fever at the age of three years. Roentgenogram taken after 20 months implantation
of the mold 2.



While some of these earliest glass molds (predictably) fractured, Smith-Petersen
was encouraged by the promising short- and intermediate-term results of the procedure.
Realizing that glass was not the ideal material for mold arthroplasty, he investigated the
use of several other candidate materials, including celluloid (Viscaloid), pyrex, and
Bakelite. However, these materials were found to be too brittle (Pyrex) or to elicit too
severe of a soft tissue reaction following material wear. Encouraged by his dentist, J.W.
Cook, Smith-Petersen developed a mold crafted from “Vitallium’, an advanced alloy of
cobalt-chrome which had recently come into use in dentistry. Smith-Petersen’s Vitallium
cup was first implanted in 1938, and immediately resulted in improved clinical
performance. With the introduction of Vitallium, mold arthroplasty soon became the
treatment of choice for various hip disabilities, and continued so for many years.

While interpositional mold arthroplasty was becoming more widely adopted in the
orthopaedic community, evidence surfaced suggesting this was not the robust treatment
modality surgeons had hoped for. A rather large clinical study of 1000 mold
arthroplasties '3 indicated a revision (failure) incidence approaching 25%, with only 20%
of patients reporting their satisfaction following the procedure as “good” or “excellent”.
Additionally, given the “many months of convalescence and economic loss” with the
procedure ", investigation continued for a better option for hip joint disability. Motivated
by the successful femoral head replacement performed by Hey-Groves a decade earlier,
and by the recent successes in the introduction of cobalt-chrome alloys for orthopaedic
operations, Nebraska native Harold Ray Bohlman, collaborating with South Carolina
surgeon Austin Moore, performed the first successful functional replacement of the
femoral head and neck with a metallic (Vitallium) implant in 1940 '*. Bohlman, who long
displayed an enthusiasm for laboratory experimentation (which was quite rare at the
time), verified the corrosion resistance of Vitallium by burying the implants at his farm
prior to implanting the alloy in his patients.

The first metallic total (i.e., both the femoral head and acetabulum) hip



arthroplasty is credited to Philip Wiles of London, in 1938 '°. Using an assortment of
screws, lags and bolts (Figure 4), Wiles replaced the femoral head and acetabulum in six
patients crippled by Still’s disease, using accurately ground stainless steel implants.
Despite some clinical benefit for his patients, Wiles’s THA eventually resulted in

mechanical failure of the implant.

Figure 4: Philip Wiles’s ball-and-cup arthroplasty developed in 1938. (Left) The cup was
fixed to the acetabulum with two screws. Bolts passing through the femoral neck secured
the femoral component. (Right) Radiograph of an implant after thirteen years. The lug
and screws retaining the metal acetabulum have disintegreated, much of the neck of the
femur has been absorbed, and the bolt has broken away from the head .

Further “advances” to femoral head replacement were developed by the Judet
brothers (Robert and Jean) in France '°. Seeking to treat patients with osteoarthritis,
femoral neck fracture, joint ankylosis and dislocation, the Judets, beginning in 1946,
developed a “resection-reconstruction” of the femoral head, using an acrylic hemispheric

head implanted via a steel (or acrylic) rod inserted through the femoral shaft (Figure 5).



Following their widely-promoted contention that the polymethethacrylate resin used for
their prosthesis displayed “perfect and astonishing tolerance” in vivo, the Judet prosthesis
rapidly garnered wide-spread adoption. Despite early warning signs of severe
biomechanical deficiencies, the Judet prostheses was widely copied and modified by
others, and was rapidly pressed into clinical service. However, “enthusiasm outstripped
judgment” ', as many surgeons “succumbed to the temptation of trying replacement
arthroplasty of the Judet type because of the brilliant early results” ', and the Judet and
similar prostheses soon demonstrated astonishingly poor biomechanics and even poorer

biocompatibility.

Figure 5. The original Judet femoral prosthesis. The implant featured a hemispheric
femoral head surrounding a steel pin to be inserted into the femoral neck (A). (B)
Bilateral “resection-reconstruction” using the Judet prosthesis.

Lessons learned from the widespread failure of Judet-type implants inspired rapid
development of improved prosthesis designs. Beginning in 1950, Austin Moore '’,
building upon earlier work with Bohlman in development of a Vitallium femoral head
replacement, designed a series of Vitallium femoral implants (Figure 6A) whose stems

passed into the femoral medullary canal. Later iterations of design featured fenestrated



stems, allowing bone ingrowth and thereby stably anchoring the prosthesis within the
intramedullary canal. Working in collaboration with Moore, Frederick R. Thompson '® in
1951 designed another intramedullary Vitallium femoral prostheses (Figure 6B) which
aimed to more closely resemble the native joint anatomy. Owing to vastly improved
considerations as regards mechanics and biocompatibility, the Moore and Thompson

prostheses represented the most successful treatment modalities for hip disability at the
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Figure 6: Early Vitallium intramedullary femoral components. (A) Development of the
Austin Moore prostheses. At left is a femur with an early type of prostheses which was
inserted in 1939 by Moore and Bohlman. Later developments featured fenestrations in
the stem of the prostheses. (B) Vitallium femoral prostheses demgned by Frederick
Thompson demonstrating varying degrees of femoral anteversion.

time.

Following the successes of the Moore and Thompson prostheses, there was a
burst of renewed enthusiasm towards metallic total hip arthroplasty, and Kenneth McKee
of Norwich, England, was instrumental in promoting its use and development. Working
under the tutelage of Philip Wiles, McKee’s first THA design in 1940 (Figure 7A) was
only a “pipe dream” and never used clinically owing to perceived inadequacies with cup

fixation '*. McKee later devised a method of screw-fixation of the cup within the



acetabulum, and a stainless steel device was used in three patients in 1950 (Figure 7B).
Unfortunately, two of these three cases failed within the first year from cup loosening.
However, motivated by the success of the third case, McKee traveled to the US and soon
became acquainted with Thompson and his femoral prosthesis. Convinced that
osteoarthritis equally afflicted both articular surfaces of the joint, McKee envisioned a
Thompson-like femoral prosthesis mated with a clover-shaped Vitallium cup (Figure 7C).
This early model was implanted in some 40 cases between 1956 and 1960, resulting in a
success rate of approximately 50%. Analyses of the failed cases gave insight into possible
biomechanical issues related to the failed design, specifically bone fixation, impingement
and instability. McKee addressed these concerns with both the use of acrylic bone cement
(as advised by John Charnley), and a redesigned femoral neck (credited to his pupil John
Watson-Farrar) beginning in 1960 (Figure 7D). Further modifications to design occurred
for several years, and by 1967, the McKee-Farrar THA had become a well-established

treatment option for hip disabilities.

Figure 7: Stages and development of the McKee THA. (A) Conceptualized implant from
1940. (B) Modified THA implanted in 1950. (C) McKee implant using modified
Thompson stem and Vitallium cup with screw-fixation to the acetabulum. (D) 1965
McKee-Farrar model with larger head, recessed neck and cup specially designed to key
on to plastic cement.
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The rapid adoption of metal implants for arthroplasty, and a few emerging reports
of early failure due to poor manufacturing or surgical deficiencies, led to backlash against
the device by some in the orthopaedic community: “Metal replacement introduces a new
and to me a frightening period of experimental surgery . . . I regret the reckless abandon

* 2% While acrylics '°, polyethylene *' and nylon

with which prostheses have been utilized’
*? had all been previously used as a bearing surface, without exception these all failed due
to adverse physiologic reactions to the wear particle debris. Yet, the contention remained
by many that rigid bearing surfaces deviated too much from physiologic articulation to
become a tenable solution for arthroplasty. After extensive observation with his animal
studies of joint lubrication, John Charnley ** was convinced that only a material with
similar mechanical properties to articular cartilage would reproduce the physiologic low-
friction and natural shock-absorption found in native joints. Charnley first investigated
the use of polytetrafluorethylene (p.t.f.e, “Teflon”), and between 1959 and 1963, some
300 patients had received implants with some form of this bearing surface. However,
despite encouraging laboratory wear properties, p.t.f.e. demonstrated extremely poor
wear-resistance in vivo (Figure 8). Additional laboratory investigation identified wear
rates of high molecular weight polyethylene, a polymer first synthesized at the Max
Planck Institute in 1954, at least 500 times greater than that for p.t.f.e. cups **.
Additionally, Charnley sought to overcome what he considered to be the greatest
deficiency of the Moore-, Thompson- and McKee-type prostheses, i.e., their inability to
resist torsional stresses. Building upon the prior demonstration of the feasibility and

.12
23:26 and neurosurgical %’

utility of acrylic (methylmethacrylate) in orthopaedic
applications, Charnley adopted its use for the intramedullary fixation of the femoral stem.
Charnley’s resulting “low friction arthroplasty” proved to be wildly successful and served

as the yardstick against which all future devices were measured.
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Figure 8. Development of the Charnley low friction arthroplasty. (A) Wear of the Teflon
cup with a 22-mm femoral head prosthesis after three years in vivo. (B) Charnley’s
improved implant consisted of an acrylic-fixed stainless steel femoral component
articulating against high molecular weight polyethylene **.

By the mid 1970s, the rapid adoption of Charnley’s low friction arthroplasty led
to the general abandonment of metal-on-metal devices. This was in part due to five
factors 2*: (1) early success of the low friction arthroplasty; (2) excessive frictional torque
with large head metal-on-metal implants; (3) increased stress transfer to the peri-
prosthetic bone; (4) increased concern regarding elevated carcinogenic potential of metal
ions; and (5) hypersensitivity to metallic ions in some patients. The early success of
Charnley’s low friction arthroplasty has been partly credited to the careful training of
orthopaedic surgeons, and to the initial restriction of the device only to those specifically
trained for its use. This is in contrast to the McKee prostheses, which were widely
available without restrictions. Frictional torque, long a chief concern of Charnley’s, was
hypothesized to be increased in McKee-type total hip arthroplasties, due to increased
head size (thereby increasing the moment arm) and the increased friction of metal-on-
metal articulation. Similarly, it was suggested that the relative stiffness of McKee-type

implants would lead to fatigue stress failure of the trabecular bone adjacent to the
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implant. Concerns related to increased frictional torque on the implant manifested
clinically as an increased propensity to loosen the bone-implant interface, precluding the
possibility of a successful clinical outcome for the patient. Both the carcinogenic and
hypersensitivity concerns related to the perceived increase in wear of the metal-on-metal
implants, compared to Charnley’s low friction prosthesis. This apparent increase in wear
debris was related to several factors. The first was the lack of precision in early testing
protocols, preventing accurate measurement of submicron-sized polyethylene particles.
The second relates to manufacturing tolerances of early all-metal implants. While it has
since been well established that wear from properly machined all-metal bearings is at
least an order of magnitude less than that for metal-on-polyethylene, this is not true when
manufacturing defects, specifically diameter mismatches, exist, and early McKee
implants were especially prone to poor quality control. Whether justified or not, concerns
regarding local and systemic effects of wear were quite sincere. While animal studies
have identified increased carcinogenic potential from cobalt, nickel and chromium ions,
epidemiologic investigations in humans had been (and remain) rather dubious. Similar
uncertainty remains today regarding the role of metal hypersensitivity as a potentiator of
failure **.

The relative success of Charnley’s low-friction model for THA directly led to this
procedure being lauded as one of the most successful surgical interventions in history.
However, despite its many accolades, the era of arthroplasty ushered in by Charnley was
not without its own biomechanical limitations. Ideal candidates for THA were usually the
elderly with severe osteoarthritis with substantial deficits in daily activities, and THA
allowed these patients to regain some pain-free mobility. Post-operatively, patients were
not encouraged or expected to partake in high-impact, high-stress activities. However, as
THA became more successful, and thereby more accepted, the demographics of the
typical THA patient changed. Patients receiving THA were younger, lived longer, were

more active, typically weighed more, and in general, were less accepting of a low-activity
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lifestyle following hip replacement. These demographic changes resulted in
biomechanical burdens on the implants exceeding their intended limit. Of prime concern
in metal-on-polyethylene bearings is the generation of wear particles (debris) which
accumulates during the millions of duty cycles throughout the lifespan of the device.
These sub-micron sized particles are shed into the periarticular joint space and are
phagocytized by macrophages. This elicits an immunologic foreign-body response
thereby initiating an inflammatory cascade disrupting the delicate balance between
osteoclasts and osteoblasts, resulting in increased bone resorption, osteolysis, and
eventually implant failure. Osteolysis became the major limiting factor for THA
longevity. While 10- and even 20-year survivorship of Charnley THAs has been
generally excellent, diminished survivorship past 20 years, especially in the more active,

younger patients, is rather sobering (Figure 9).
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Figure 9: Survivorship curves for Charnley low friction arthroplasty for young patients,
demonstrating revision for aseptic loosening for the acetabular component (A) and
femoral component (B).

Further analysis of Charnley-type prostheses identified other areas of concern.

Charnley had used a small (22.225 mm) femoral head, to decrease the frictional torque at
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the bearing surface and to minimize polyethylene wear. However, small diameter femoral
heads constituted a substantial risk factor for dislocation following THA, and the
cumulative risk for dislocation following a Charnley-type THA was quite high *°.
Increasing the head size was presumed to lead to increased joint stability; albeit at the
potential cost of increased osteolysis risk. These competing considerations led to
(re)investigation into other bearing couples for THA. By the mid 1970s, polyethylene had
nearly entirely displaced all-metal implants. However, it remains debatable if this
dismissal may have been premature. A substantial number of early metal-on-metal
implants survived thirty-plus years with excellent clinical performance *' and with no
indication of wear or adverse soft tissue reactions >*. This seemingly peculiar contrast
between the generally mediocre performance of most all-metal implants and the
outstanding clinical performance of a few devices confused even Charnley himself 2*: “it
is a surprising fact in the light of standard mechanical practice that chrome-cobalt alloy
...appears to perform in an acceptable fashion.” Investigation into examples of successful
early-era McKee implants identified that certain mechanical factors — including proper
bearing clearance, surface smoothness, cup orientation and adequate fixation ** — seemed
to determine excellent vs. poor clinical outcomes. These observations led to the
‘rediscovery’ of all-metal bearings in the mid 1980s **, where it was argued that proper
selection of biomechanically-sound implants would naturally lead to vastly improved
clinical performance compared to metal-on-poly or early-era all-metal THAs. In addition
to the re-introduction of metal-on-metal THAs, other alternative bearings were
introduced to combat the growing incidence of osteolysis. Ceramics had been tried as a
bearing surface as early as 1970 in Europe **, but the limited capacity for ceramic
engineering and questionable quality control in the 1970s led to disastrous clinical
performances. Yet, continuous advance in materials science during the last four decades
has led to the development of vastly improved ceramics, suitable for long-term

orthopaedic applications.
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Rationale for Computational Investigation

The introduction (and re-introduction) of alternative bearings surfaces has had a
significant impact on contemporary hip arthroplasty. Presently, metal-on-metal and
ceramic-on-ceramic are in their 3™ or 4™ generations of development, and represent a
growing share of the THAs performed today. In the US, where adoption of alternative
bearings has lagged behind Europe and Asia, metal-on-metal and ceramic-on-ceramic
bearings recently accounted for over 50% of the market share **. The rapid and
widespread adoption of advanced low-wear bearings perhaps represents a cure for the

29

“man made worldwide disease” *° of wear-induced osteolysis. Yet, the introduction of
these advanced bearings has been accompanied by novel modes of failure. Of chief
concern in ceramics is (catastrophic) fracture, requiring immediate revision surgery, and
frequently re-revisions due to abrasive third-body debris remaining in periarticular space.
For metal-on-metal, there is mounting concern regarding potentially adverse soft tissue
reaction to metal debris. In rapidly adopting these THA advances, the orthopaedic
community assumes the burden of responsibility to ensure the safety and efficacy of these
devices for their patients.

Perhaps the most frequent tool used to guide clinical practice is the traditional
retrospective clinical study. These investigations give insight into the apparent causality
of outcomes in THA. However, inherent weaknesses of clinical studies, such as limited
patient population and uncontrolled confounders, often result in ambiguities and
occasionally in directly conflicting conclusions as regards implant-, surgical- or patient-
specific risk factors for poor THA outcomes . Many of the intrinsic weaknesses of
clinical studies can be overcome by experimental biomechanical methods. However,
conventional biomechanical investigation, whether by simulator or cadaveric studies, is
greatly restricted by excessive resource demand (both time and cost). Additionally,

laboratory benchtop studies must be sufficiently robust to parametrically address

individual factors potentially related to adverse outcomes with the device, which is an
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exceedingly ambitious and often unattainable goal. An additional limitation of
investigation into these new modes of failure is the frequent — and sometimes apparently
arbitrary — design changes which occur when “improved” devices come to market,
further compounding the resource burden of laboratory study. Computational models —
specifically finite element (FE) analyses — by contrast share none of these severely
limiting hindrances. FE investigation enables the generation of hundreds, or even
thousands, of parametric simulations in minimal time or at minimal economic expense.
Of course, the onus of model validation is the responsibility of the investigator.
Generally, validation of an FE model occurs through physical (experimental) or
analytical analysis of an idealized physical situation of sufficient complexity to reproduce
the intricacies of the real-world condition being modeled, with the computational model
being directly compared to this “gold standard” result. Hopefully, the computational
model is shown to agree well with the idealized standard, allowing the investigator to

rationally extend the model to all similar physical circumstances.

Brief Introduction to the Finite Element Method

The FE method is a numerical approximation tool to determine solutions to partial
differential equations. In the area of continuum mechanics, these differential equations
(i.e., governing equations) describe the mechanical response of a material to an applied
load and/or other applied condition (i.e., “boundary conditions’). The FE method
primarily evolved from mathematical techniques for structural analysis beginning in the
mid 1940s *%. However, the term “finite element method” was not used until 1960 *°. In
FE analysis, a structure is divided (discretized) into many smaller, simpler structures
(elements). These elements are then connected to each other (equivalenced) at “nodes.”
The unknown variables (displacement for an elasticity problem) are solved for at each
node in the model, simultaneously. Then, using simplified integration techniques (e.g.

Gaussian quadrature), the response through the element (the field quantity) is then
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approximated over the element, usually as a polynomial function. The order of the
polynomial is determined by the “order” of the element, which is determined by the
element type (e.g. 4-vertex tetrahedral elements or 8-vertex hexahedral elements) and the
number of nodes for each element (e.g. linear 8-noded hexahedra vs. quadratic 20-noded
hexahedra).

It is important to recognize that results obtained from a FE model are highly user-
dependent. Hence, the user bears the burden of responsibility to ensure model accuracy.
In this regard, there are several important considerations during the generation of the FE
mesh (preprocessing). The first such consideration is the element type used for the
analysis. For complex three-dimensional geometries, manual mesh generation is
frequently a prohibitive process due to the amount of manual labor required. However,
mathematical algorithms have evolved to allow fully-automated meshing of complex
structures using tetrahedral elements 0, Unfortunately, for stress/displacement analyses,
first-order tetrahedral elements allow only for uniform stress across the entire
tetrahedron, therefore requiring prohibitively refined mesh densities. The uniform stress
limitation can be overcome by the use of quadratic (or higher) order elements. However,
this incurs substantial increases in model complexity, often resulting in computational
intractability. On balance, hexahedral meshes are preferred. Unfortunately, generation of
well-formed hexahedral meshes, especially for complex geometries, generally cannot be
done fully automatically. Additionally, hexahedral elements, while representing
considerable performance improvement over tetrahedral elements, are rather sensitive to
initial element shape, and become much less accurate when initially distorted. These
considerations therefore place a significant premium on user adeptness in manual mesh
generation. In addition to element type, element mesh refinement (zoning density) is also
of critical importance. Characteristically, increased mesh refinement provides more
accurate results, albeit at the expense of increased computational cost. Typically,

sensitivity (convergence) studies are therefore conducted to identify the point of
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diminishing returns as regard model accuracy versus computational tractability. In
general, convergence is tested by increasing the element number (h-type) or by increasing
the order of the elements (p-type). Since most commercially available FE platforms do
not support element order beyond quadratic, most convergence studies are of the h-type.

In addition to efforts at the preprocessing stage, model complexity and accuracy
can also be modified at the processing stage. In the FE method, there are two main
approaches used to determine the unknown nodal variables: implicit and explicit. The
implicit formulation is independent of time, and is thus frequently used in static or quasi-
static analyses. By contrast, the explicit approach is time-dependent, and is most
applicable for non-linear dynamic problems. The primary difference between these two
approaches is in the consideration of acceleration and velocity within the problem. In FE,
the equation relating the behavior (e.g. displacement for an elastic problem) to an

input(e.g. applied force) is:

Mii+Cu+Ku=F
where F is the applied force, u, u, and u are the nodal displacement, velocity and
acceleration, respectively, and M, C, and K are matrices that relate to the mass, damping,
and stiffness of the model. In the implicit approach, nodal displacement is taken as
independent of time, with u, and U set to zero. Solution of the nodal unknown
displacement in effect requires the computation of the inverse of the stiffness matrix K,
ie., u= K_1F. For large, complex models, the calculation of the inverse matrix can
require substantial computation time, and may involve numerical instabilities. By contrast
to the implicit method, the explicit method stipulates nodal displacements as a function of
time. Therefore, the explicit model also considers nodal velocities and accelerations.
Rather than requiring the inverse of the stiffness matrix, the explicit method requires the
inverse of the combined “lumped” mass matrix. However, because of the solution

approach involved with the explicit method (known as central difference integration), the
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lumped mass matrix has nonzero values only on its diagonal, and therefore computation
of its inverse is trivial. The explicit method is thus numerically stable (i.e., no
convergence criteria are involved), and it is therefore extremely successful in modeling
complex problems involving large material deformation, non-linear material properties,
and contact — all important considerations for constructing an FE model of THA
dynamics. However, the explicit method requires that forward progression of the solution
be calculated by taking very small time increments. At physiologic time scales, the
explicit method can require millions of increments, thus involving substantial
computational cost. To ensure stability, the FE algorithm determines, at each iteration,
the smallest stable increment size, based on a stability limit. This stability limit is defined
as the smallest transit time of a dilatational wave across any one of the elements in the

entire model. For linearly elastic materials, the stability limit can be approximated as:

L .
At = min
E(v-1)
o, 2v2 4y 1

where Ly, is the smallest element dimension in the mesh, p is the material density, and E
and v are the elastic modulus and Poisson ratio, respectively. The total number of
required time increments (n) will be approximately equal to the simulation time (T)
divided by At. There are two approaches to reduce the computational cost associated with
the explicit method. The first is to decrease the number of increments by artificially
reducing the time period, T, of the simulation. If T is decreased by a factor f, then the
number of increments required for the simulation will be correspondingly reduced:
n'=n/f. However, if the simulation speed is increased too much, inertial effects in the
simulation may become appreciable and may adversely affect the predicted response. The
second approach is to artificially increase the material density p (a technique referred to

as mass scaling). Increasing p by a factor f* reduces n to n/f, similar to speeding up the
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simulation. However, also like speeding up the simulations, inertial effects can become
dominant if the mass scaling value is too large. It can be argued, therefore, that execution
of explicit FE models can be even more analyst-sensitive than that with implicit
modeling. Thus, careful generation of the FE mesh is a prerequisite for explicit FE
modeling, as poorly constructed meshes can substantially increase run times (small Lyy;,)
or can serve as a source of inertial errors if run times or element masses are scaled.
Therefore, in addition to demonstration of mesh convergence, the analyst also bears the
responsibility to assure that significant inertial errors are not introduced when performing

a quasi-static explicit FE simulation.
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CHAPTER 1: STABILITY IN HIP ARTHROPLASTY

If the intrinsic stability of the joint were to reside entirely in the contraction of the
muscles, it is clear there would be a great danger of dislocation when the muscles
are relaxed or off their guard. Surgical experience leads me to believe that the
stability of an artificial hip joint resides entirely in the fibrous sleeve which
develops to form the capsule round the joint.

Sir John Charnley — Factors in the design of an artificial hip joint **.

Owing to the rapid adoption of advanced low-wear bearings, dislocation — defined
as the complete subluxation of the femoral head from the acetabular cup — is currently the
number one cause of failure in primary THA *!. Clinically, dislocation is usually
classified as an early complication, with 23% of instances occurring in the first 3 months,
and 66% within the first year **. The initial treatment of choice of a first-time dislocation
is closed reduction, which has been shown to be successful in up to two-thirds of cases
with optimal component orientation **. However, for recurrent dislocations, multiple
attempts at closed reduction risk damaging the implant, and are frequently unsuccessful
in terms of subsequent dislocation avoidance, **, so revision is typically preferred. As a
solution for recurrent instability, however, revision surgery is successful in only a
minority of cases, with recurrent dislocation occurring in over 50% of cases, often
resulting in re-revision surgery **. For these unfortunate patients, additional surgical
options are limited. One fall-back is a constrained component, which can prevent
subsequent dislocations in 71% of cases. A variant is a tripolar constrained component,
successful preserving stability in 93% of hips **. However, these constrained devices
have been shown to have increased wear * and to have decreased range of motion, thus
predisposing to acetabular loosening and/or dissociation of components *.

The risk factors for dislocation in THA are many and varied ***®'. Many of the
hypothesized risk factors deal with geometrical design of the implant, along with surgical
orientations of both the femoral and acetabular components. The use of larger femoral

head sizes, or the use of implants with higher head-to-neck ratios (which similarly allow
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for increased range of motion before impingement) have been shown to significantly
increase the stability of the prosthesis in most **** %2 byt not all  clinical studies. The
theoretical benefits of impingement avoidance have also been demonstrated
computationally ** . Additionally, positioning of the acetabular component within a so-
called “safe zone” (approximately 40° of cup inclination and 15° acetabular anteversion)
appears to provide at least a degree of protection against impingement and subsequent
dislocation **%-%7_ The overall effect of increasing acetabular cup inclination and
anteversion serves to provide a greater range of motion for flexion-dominated kinetic
challenges, similar to the use of large femoral heads or high head/neck ratios.
Nonetheless, despite decades of investigation and hundreds of studies, there is yet
no clear consensus as to which patient-, surgical- or implant-specific risk factors truly
predispose to instability following THA. However, one premise on which there is nearly
unanimous >’ agreement is that disruption of the soft tissue integrity of the hip clearly

predisposes the THA patient to hip instability.

lliofernoral ligament

Figure 10: Hip joint capsule. The hip capsule stabilizes the hip joint by constraining
subluxation between the femoral head and acetabulum. Modified from .
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Stability and the Hip Capsule

The hip joint is surrounded by a strong, fibrous capsule, composed of the Y-
shaped iliofemoral ligament anteriorly (which resists hyperextension of the joint), the
pubofemoral ligament inferiorly (which prevents excessive hip abduction), and the
ischiofemoral ligament, which limits hyper-flexion of the joint ®*. The hip joint is further

restrained by several muscles and their attachments.

Stability, Dislocation and the Hip Capsule

Compromised soft tissue integrity has long been linked to decreased hip stability
following THA. The preservation of the various soft tissue structures during THA is
greatly dependent upon the surgical approach. The posterior approach, commonly
employed due to its excellent exposure and its reduced operative time and blood loss, has
long been associated with significantly greater dislocation rates *, presumably due to
damage to the posterior soft tissue structures. Because of these higher dislocation rates
compared to more complicated surgical approaches, several surgeons have advocated for
the preservation of soft tissue structures following a posterior surgery, either by
meticulously repairing them or through modified surgical procedures that eliminate the
need to incise them **>*>* 77! Careful repairs of soft tissue structures, or preservation
of those structures through modified approaches, have been shown to dramatically reduce
the incidence of dislocation otherwise associated with the posterior or posterolateral
surgical approaches. It has been estimated that a posterior approach without soft tissue
repair has an 8.21 times greater dislocation risk than that for soft tissue repair ®'. For
example, a 1998 study "> compared the stability of THA patients following a traditional
posterior approach with capsulectomy and rotator muscle repair only, versus an
“enhanced” repair of the posterior soft tissue sleeve, including robust repair of the
posterior capsule, and of the short external rotators, quadratus femoris and gluteal

attachments. For two separate surgeons, dislocation incidence decreased significantly,
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from 4% and 6.2% in the surgeons’ respective control cohorts, to 0% and 0.8% in their
enhanced repair groups. In a similarly designed study **, incidence of dislocation
following enhanced repair with a posterior approach decreased from 2.8% to 0.6%.
Interestingly, of the 2.8% of dislocators in the control group (14 out of 500), 13
dislocated posteriorly and only one anteriorly. In the modified repair group, all three of
the dislocators had an anterior dislocation. A separate study observing THA stability for
capsulectomy versus complete repair > reported dislocation rates of 4.8% and 0.7%, for
the non-repaired vs. repaired groups, respectively. Similar benefits have been reported by
many other authors >*®"7"73 While repair of the posterior periarticular structures
appears to have a major beneficial impact in reducing dislocation, there have been many
studies indicating propensity for mechanical failures of such repairs, either clinically "+
or in cadaveric studies '’. While the dislocation rates following modified/enhanced soft
tissue reconstruction with a posterior surgical approach are near the much lower

47,78,79
, these

dislocation rates historically occurring for lateral and anterior approaches
other approaches have a steeper learning curve technically and are associated with higher

intraoperative complication rates .

Soft Tissue-Enhanced Finite Element Model ®!

Because of the many confounding factors involved, clinical registries of
dislocation have often been equivocal in terms of elucidating the relative importance of
predisposing factors. However, one issue where there is near unanimity of opinion is that
hips with mechanical compromise of the capsule are at heightened risk. Insufficiency of
capsule function can be due to various factors (e.g., thickness anomaly,
stiffening/scarring, substance tears, insertion detachment, and surgical incisions), most of
which involve very different technical considerations intra-operatively. Moreover, since
some of the causes of capsule deficit which are amenable to surgical repair unfortunately

involve trade-offs (especially, additional exposure), intra-operative decision making
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would benefit from background quantitative information linking defect site/severity with
dislocation propensity. To date, most biomechanical work involving the influence of
capsule status on dislocation propensity has come from physical experiments, involving
either cadaver preparations or mechanical surrogates. While both approaches have their
attractions, neither one offers a platform conducive to systematic, clinically realistic
study of multiple individual variables, due to limitations such as experimental
unwieldiness, tissue deterioration, inter-specimen variability, etc. Therefore a three-
dimensional finite element model of THA dislocation was developed using a biofidelic

fiber-dominated anisotropic constitutive material model for the capsule (Figure 11).

Figure 11: The capsule FE model of THA. The model consisted of THA hardware, bony
anatomy and the hip capsule.

A human cadaveric hemipelvis specimen was obtained, and was carefully
dissected to remove all non-capsular tissue. Major families of fiber bundles were
identified on the exposed, intact capsule, and were demarcated with nine aqueous barium

contrast-(Isovue-370) filled silicone tubes (0.6 mm ID, 1.2 mm OD), which were attached
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to the intact capsule with 6-0 silk sutures. Marking tubes were directed along the limits of
the capsule to span from the proximal to distal attachment sites on the acetabulum and
femur respectively. To allow for air contrast during CT imaging, a hole was bored across
the acetabulum into the intra-capsular space, and fitted with a brass inlet valve. The
hemipelvis was positioned in full-extension, with the pelvis and femoral movements
constrained by use of potting the components in PMMA and attaching distal boney
regions with brass screws. The specimen was scanned in a 64-detector multi-detector CT
scanner using bone and soft tissue (B60 and B31) reconstruction kernels at 0.3mm-
0.5mm slice thicknesses, using 10.3kPa of injected room air as a contrast medium (Figure
12A). After the initial scan, the hemi-pelvis was again dissected, this time to remove all
soft tissue from the joint. Marking tubes, as described previously, were again used to
mark the capsular insertion regions (inner and outer attachments of the capsule) for both
the acetabular and femoral attachments. The specimen was again scanned with the same
scanning protocol. These two data sets were then segmented using Amira 5.2 software
(Mercury Computer Systems, Chelmsford, MA) to obtain surfaces for the capsule (inner
and outer), marking tubes and bony landmarks (Figure 12B). After segmentation, the two
data sets were registered to each other so as to include both the major fiber orientations as
well as the insertion regions.

The segmented and registered data set was further pre-processed in Mathcad (v
14.1). Because of ambiguity of capsular tissue identification (for example, vs. adipose
tissue) on the outer surface of the image data set during segmentation, the outer capsule
surface was not used directly. Instead, the inner surface was projected outward a uniform
distance to form the outer surface. These capsule surfaces then underwent a series of
rotations and translations to correctly orient the capsule with respect to a previously

validated finite element THA model %

. The segmented marking tubes were converted to
three-dimensional curves, and were operated upon with the same series of translations

and rotations. These surfaces and curves were imported into the TrueGrid (v 3.2. XYZ
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Scientific Applications, Inc., Livermore, CA) mesh generator, and were meshed entirely
with hexahedral continuum elements. The capsule mesh was parsed into eight surgically
relevant sectors, allowing for simulated surgical capsule incisions, incision-repair,
attachment releases, regional capsule compromise, etc. The fiber-direction curves were
projected onto the inner and outer surfaces, forming the boundary for nine volume
definitions within the capsule (Figure 13B). Each such volume definition was further
divided into three sub-regions, thus forming a total of 27 regions, allowing for 27
individual material regions to be defined in the capsule. For each of the 27 distinct
regions, the two boundary vectors defining that volume were averaged. Using the Abaqus
keyword *orientation, a prevailing fiber direction in that volume was assigned (Figure
13C). Based on convergence studies (Figure 14), the mesh was structured to minimize
aspect ratio globally, while achieving an average element volume of 4 mm’, resulting in

9,744 brick elements and 13,440 nodes.

Figure 12: Capsule segmentation protocol. CT scans of the dissected hemipelves (A)
were segmented (B) to include surface representation of bone (white), the hip capsule
(blue) and principal fiber directions (green).
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Figure 13: Capsule registration. The segmented CT dataset (A) was registered to the FE
model of THA hardware using capsule insertion sites on bony landmarks. The FE capsule
model consisted of 27 fiber-direction-specific sectors, three of which are shown shaded
(B). Within each of these sectors, an averaged fiber direction was projected throughout
each element (C).
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Figure 14: Mesh convergence study for the capsule. Results demonstrated convergence
for a mesh density of approximately 13,000 nodes. A user routine was employed to create
meshes with near-uniform aspect ratios for each individual element of the mesh.
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Anisotropic representation of the capsule was realized using a micromechanically
based hyperelastic material model proposed by Gasser, Holzapfel and Ogden **, which
had turn-key implementation in Abaqus 6.9. The strain energy potential (U) of the

Holzapfel-Gasser-Ogden hyperelastic material as calculated in Abaqus takes the form:

2 N _
U=Cio(l —3)+%((Je)T1—InJe'J+2kT1 > (e[kz(Ea)z]J]

with Eg = xll1 - 3)+ (1-3xa .., ~1)

Here, I 1 1s the first strain invariant, i4 aa are pseudo-invariants of the deviatoric part of
the right Cauchy-Green deformation tensor, J °l s the elastic volume ratio, and N is the
number of fiber families. C,o, D, ki, k, are material coefficients, and « is a parameter
quantifying the degree of heterogeneity in the distribution of fiber directions locally

within the material.
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Figure 15: Comparison of load-displacement data measured experimentally in a cadaver
specimen **, versus that for the computational model. The specimen and the FE model
were identically loaded, by distraction along the femoral neck.
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Material coefficients for the capsule were optimized so that load-displacement
data from a simulated distraction test using the model matched previously published
experimental load-displacement data ** for capsule distraction (Figure 15). The best-fit
coefficients were as follows: C;p=0.004 MPa, D=0.10, k;=11.0 MPa, k,=17.33, and
k=0.1. The fibers were modeled as a unidirectional distribution within each of the 27
material sectors. For dynamic FE analysis, all soft tissue was assigned a density of 0.941
gm/cm’.

Physical validation of the FE analysis was conducted using a novel “transpelvic

95 85

of THA-replicating specialty hardware into a cadaveric hemipelvis

implantation

(Figure 16).

Figure 16: Transpelvic THA implantation. The transpelvic procedure allowed for
implantation of THA-geometry-replicating hardware into a cadaveric hemipelvis without
violating the capsular soft tissue integrity. (A): Access to the hip joint was gained by
guiding a hole saw from the posterior pelvis. (B): The femoral head was exposed (top)
and removed (bottom) through the access port. (C): THA-geometry-replicating hardware
is implanted, and alignment is verified using a coronal radiograph.
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The transpelvic procedure, in which the THA-replicating hardware was implanted
via a posterior portal through the pelvis, allowed for investigation of the capsule’s
contribution to THA stability, beginning from a baseline condition where the capsule’s
normal anatomic integrity was fully preserved. A cadaveric hemipelvis implanted so as to
replicate the THAs intra-articular geometry was affixed to a purpose-built * four degree-
of-freedom servohydraulic hip simulator (Fig. 17). This simulator allowed for compound
joint rotation (flex/extension, ab/adduction and endo/exorotation), along with axial
loading. The moment resisting dislocation was recorded during sit-to-stand simulations.
The measured resultant moment behavior compared very favorably with that from an FE
analysis simulating identical loading and motion inputs (Fig. 18). Excellent
computational vs. experimental agreement was also achieved regarding the spatial and

temporal occurrence of impingement.

Figure 17: Four-degree-of-freedom servohydraulic hip simulator. This system
independently prescribed flex/extension, endo/exorotation, ab/adduction, and joint
loading magnitude.
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Figure 18: FE model validation. Finite element validation comparing results for a sit-to-
stand dislocation challenge for a cadaveric specimen implanted with THA equivalent
hardware, versus FE prediction using identical kinematic and kinetic profiles, for the case
of uncompromised hip capsule.

Investigation of Capsular Defects and Repair

Obtaining and/or maintaining the best practicable level of capsule integrity is
clearly a desirable surgical objective. Abnormality of capsule function can be due to
various factors (e.g., thickness anomaly, stiffening/scarring, substance tears, insertion
detachment, and surgical incisions), most of which involve very different technical
considerations intra-operatively. Moreover, since some of the causes of capsule deficit
which are amenable to surgical repair unfortunately involve trade-offs (especially,
additional exposure), intra-operative decision making would benefit from background
quantitative information linking defect site/severity with dislocation propensity. Because
dislocation is fundamentally a biomechanical event, quantitative biomechanical data can

aid in understanding which particular aspects of capsule compromise are most
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deleterious, and in understanding the degree of construct stability improvement attainable
by respective repair alternatives. To determine the sensitivity to which dislocation
resistance depended upon capsular defects, as well as repair of capsule defects, a

parametric FE series using the hip capsule model was conducted.

Simulation of Capsular Defects and Repair Methods

Systematic parametric computational study of the joint capsule required a mesh-
based framework to allow for rapid and repeatable capsular perturbations which deviate
from the baseline configuration of a contiguous capsule with intact bony attachments.
Surgical incisions were created using block boundary and sliding boundary interface
definitions (in TrueGrid) between adjacent sectors of the capsule. Defining an incision
involved creating an interface which prevented nodes from being merged across
segments. Incision repairs were created by allowing specified nodes across a sliding
boundary interface to become merged (i.e., equivalenced). Nodes were selected at
equidistant locations using two, three or nine sutures across the transverse incision.
Attachment releases were simulated by removing those nodes associated with the desired
detachment region(s) in the boundary condition constraints, freeing up all translational
degrees of freedom. Attachment release repairs were simulated by selecting various
nodes across the thickness of the released section, and returning them to a boundary-
condition constraint, again at equidistant locations across the defect. Regional atrophy
was simulated by stripping away layers of elements in the desired anatomical region.
Circumferential locations of the imposed capsule deficits were determined by fitting
several elliptical curves to rows of nodes at various heights of the capsule, and assigning
the corresponding polar elliptical coordinates to each node along a defect, which were

then averaged to obtain a single location (Figure 19).
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Figure 19: Coordinate conventions for specifying circumferential location. (A): The
anterior-most aspect of the capsule was assigned a value of 6=0°, with 0 increasing in a
counter-clockwise fashion (for visual clarity, the femoral stem has been rendered
transparent). (B): A single longitudinal incision is shown located at a posterolateral
capsule position. (C): Repair of a separate lateral incision with two sutures. For clarity of
visualization, the bony femur and acetabulum have been removed.

THA hardware for the FE model was developed from manufacturer-provided
surface geometry files (IGES) and was pre-processed using TrueGrid. The femoral
component (28 mm) was meshed with 9,784 hexahedral elements. The cup liner (28-46
mm) was meshed with 7,200 hexahedral elements, while the cup backing contained 1,690
elements. Mesh densities for the femoral component as well as the cup liner were
determined from multiple convergence and sensitivity studies, to optimize the FE model
for contact analysis while maintaining computational efficiency. Implant positioning was
operator-specified, with 35° of tilt and 20° of anteversion for the acetabular component,
and 0° of adduction and 0° of anteversion for the femoral component used. A metal-on-
metal bearing couple was chosen, with the head, neck and liner modeled assuming
linearly elastic behavior of cobalt chrome (CoCr, modulus 210 GPa, Poisson’s ratio 0.3).
To further aid in reducing excessive computational run times, the cup backing and distal

regions of the femoral component were assigned rigid body definitions. The acetabular
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and femoral insertion sites of the capsule were attached to rigid bony surfaces. These
rigid bony regions also served as the implant anchorage references, allowing for capsule
motion to be specified in terms of hip joint movement.

The dislocation kinematic challenge was computationally simulated for a sit-to-
stand maneuver. The solutions were driven by a sequence of prescribed incremental
rotations of the femoral head with correspondingly applied joint reaction forces *°. The
sit-to-stand kinematic challenge began at 30° extension, continues to 110° of hip flexion,
and returns to full extension. Large deformations, highly non-linear material behavior,
and multiple independent contact interfaces necessitated the use of the dynamic explicit
integration capability within Abaqus. Contact was defined individually between the
capsule and itself (self-contact), as well as between the capsule and each hardware
component, using the Abaqus/Explicit General Contact algorithm. Additionally,
kinematic contact algorithms were specified for hardware/hardware and hardware/bone
contact engagements. In the case of capsule incisions, new surfaces created by the
incisions were captured as face sets, and included in the general capsule surface
definition. Ninety-five total FE models were completed, including the baseline intact
capsule model and 94 unique parametrically compromised capsule models, each
requiring approximately 60 processor-hours of computational time to complete on a dual

quad-core Intel® Xeon platform configured with 24 GB of RAM.

Capsule Defect/Repair Results

For all FE runs, the resultant moment that developed to resist dislocation
(designated as the resisting moment) was tracked throughout the entire kinematic input
sequence. The development of resisting moment consisted of three distinct phases (Figure
20). First, there was an initial gradual increase, due to a progressive tautening of the
capsule. Second, at the instant of component impingement, the discontinuous action of

the femoral head starting to lever out of the cup, and the very large (near-line-loading)
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head/liner contact stresses that developed at the egress site, caused an abrupt increase in
the resisting moment. Finally, depending on the specific situation of capsule
thickness/defect/repair being considered, the femoral head subsequently either
completely displaced out of the cup (frank dislocation) later during flexion, or if
dislocation did not occur, the head slipped back into normal congruous articulation
during the subsequent hip extension phase of the sit-to-stand maneuver. The area under
the moment-rotation curve corresponds to the mechanical energy dissipated within the
construct during the dislocation challenge. This energy value, determined for each
parametric run by numerically integrating the area under spline curves fitted to each
analysis’ motion-rotation data, provided a useful comparative metric of overall resistance

to dislocation.
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Figure 20: Resisting moment development for hip flexion during the sit-to-stand
maneuver for the intact capsule, and for the most stability-compromising capsule defect
(3/8 acetabular insertion release) and its repair. For this most compromising case, the
capsule provided virtually no resistance to dislocation, and the resisting moment was
attributable to hardware interactions only. Repair of this defect returned construct
stability to near baseline levels.
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Variations in capsule thickness had substantial effects on construct stability
(Figure 21). For the thinnest capsule considered (1 mm), peak dislocation resistance
reached only 53% of that for a (baseline) 3.5 mm capsule thickness, and reached only
31% of that for the thickest capsule modeled (6 mm). Population-wide, at the 25th
percentile vs. 75th percentile of thickness for males and for females, the peak resisting
moment values reached only 43% vs. 56% and 40% vs. 57%, respectively, of values for a

6 mm thick capsule.
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Figure 21: Resisting moment developed during hip flexion versus capsule thickness,
across the population-wide range (inset) of capsule thicknesses. Moment values are

reported both at incipient impingement, and at the instant of maximum resistance to
dislocation. Insert curves are replotted from the data of Dihlmann et al *.

The effects of localized capsule detachments/releases at the femoral and
acetabular insertion sites showed similarly strong dependence on the location of the
defect (Figure 22). Posterior- and posterolateral-aspect capsule insertion defects, along

either the acetabular or femoral attachments, involved decreases in computed dislocation
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energy dissipation of more than 50% relative to intact-capsule levels. As might be
appreciated conceptually from Figure 22, posterior attachment defects effectively
removed substantial fractions of capsule substance from being able to contribute to
opposing dislocation in flexion-dominated maneuvers. Repairs of such defects returned

peak resisting moment values to within 10-20% of baseline levels.
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Figure 22: Relative (percent) change in computed dislocation-resistance energy expended
during hip flexion, for simulated capsule insertion detachments as a function of
circumferential position of detachment site. Note that construct stability compromise
depended on both the site and extent of the detachment. In general, otherwise
comparable-extent defects involved greater stability compromise for femoral attachment
defects located on the medial aspect, and for acetabular attachment defects located on the
lateral aspect. Construct stability was consistently returned appreciably toward intact
levels for suture repair of the most compromising detachments (posterolaterally located),
although for less compromising defects the benefits of repair tended to be equivocal.

Unrepaired full-length longitudinal capsule incisions likewise were found to
substantially compromise construct stability (Figure 23), but again in a very site-
dependent manner. The most deleterious positions for longitudinal incisions tended to be

located somewhat more laterally than was the case for acetabular insertion site defects,
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and more medially than was the case for femoral insertion site defects, presumably a
consequence of the obliquity of directional fiber architecture. Another distinction was
that the most severe levels of stability compromise for longitudinal incisions (~50%
reductions from intact baseline) were much less pronounced than those for extremum
insertion defects (~60%), presumably because capsule material on either side of the
incision could still participate in load transmission “in parallel”, whereas insertion defects
represent “in series” disruptions of load transmission. Suture repairs of even worst-case
longitudinal incisions successfully returned stability to within approximately 10% of

baseline levels.
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Figure 23: Relative (percent) change in computed dislocation-resistance energy
developed during hip flexion, for unrepaired and repaired longitudinal capsular incisions
located at selected stations circumferentially. Assuming that suture failure or pull-out did
not occur, appreciably improved stability (although not to intact-capsule levels) was
obtained for the more compromising posteriorly located incisions.

Successful restoration of construct stability to near-normal levels by means of
suture repair of detachments and/or incisions of course depends on avoiding failure at the

suture site(s). The use of computational node equivalencing to model suture sites holds
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the advantage, analytically, of allowing straightforward reporting of the internal nodal
force needed to enforce that equivalencing, i.e., the effective pull-out tension at the
posited suture site. Computed pull-out forces for individual sutures for various repair
alternatives for various capsule defects are shown in Figures 24-26. It can be appreciated
(shaded bands in Figures 24 & 26) that many repair arrangements that theoretically
would restore near-normal construct stability for severe defects unfortunately involved
the suture sites being at substantial risk of failure, either from suture material breakage **
or from pull-out. By far the best strategy mechanically was multiplicity of sutures.
However, it needs to be recognized that the safety factor improvements thus achieved are
not in direct proportion to the numbers of sutures employed (Figure 26), because load
allocation between individual sutures in a given suture row could be appreciably non-

uniform, owing to the complex global load transmission patterns within the capsule.
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Figure 24: Peak tension developed at the suture site, for repairs of longitudinal slits with
two, three, six, or nine sutures, and for single-site repairs of regional acetabular and
femoral insertion detachments. For these model runs, it was assumed that suture material
failure or suture pullout would not occur. For reference, the range of ultimate tensile
strength for No. 1 and No. 2 suture materials reported in the literature *® is shown in gray.
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Figure 25: Per-suture tensile loads (bars) developed at simulated femoral and acetabular
repair sites for a 3/8- circumference posteriorly centered capsule insertion release, for
single-suture versus averages for 3-suture, 5-suture and 10-suture repairs spaced equally
along the defect. Deviations from baseline dislocation dissipation energy are also shown
(open symbols) for each repair.
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Figure 26: Peak suture tensile load for repair of a posterior longitudinal incision for 2-
suture, 3-suture, 6-suture and 9-suture repairs, as a function of suture location along the
proximal-distal length of the incision. In general, greater tensile load occurred at the
distal aspect of the incision repair.
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Capsule Defect/Repair Discussion

This apparent dominance of capsule compromise as a factor affecting instability
arguably merits substantial further attention, particularly for identifying the most
effective strategies for surgical repair of specific categories or locations of defects and
deficiencies. The substantial stress concentrations computed adjacent to local detachment
sites in the present model, and the high tensile stresses at some of the suture repair sites,
are disconcertingly consistent with the very high incidence of early failures of certain
posterior structure repair procedures " '°. While suture failure in the present model is
predicted based on ultimate tensile stress, this is certainly a conservative approach:
surgical wound healing is a dynamic process and does not begin until the acute phase of
resulting inflammation subsides *. Progressive subacute phase insertion-site tendon
degeneration has been shown to persist for at least six weeks *°, suggesting that repair
failure immediately post-op might be more likely to occur due to suture pullout, than due
to suture breakage. While the present global-construct FE model was not an ideal
formulation for addressing the detailed local mechanics of suture rupture/pull-out, these
global results clearly show that some repairs are much more challenged than others.
Localized FE models potentially could provide useful insights into the relative benefits of
various technical repair alternatives. In summary, this series provided novel mechanistic
information regarding the sometimes dramatic degree to which capsule compromise can
contribute to THA instability. Since most THA dislocations occur for flexion-dominated
motion challenges such as that modeled here, the present FE results help explain the
lower dislocation rates documented in clinical series where the posterior capsular
structures either have not been violated or have been robustly repaired. And, the present
data reinforce the need to meticulously re-approximate and repair the posterior capsular
structures to the greatest extent possible, both for primary and for revision surgery, in

order to maximize THA construct stability.
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Dislocation of Morbidly Obese Total Hip Patients

The dislocation mechanism addressed thus far, i.e., extremes in range of motion
leading to mechanical impingement and subsequent subluxation of the femoral head, is
that supported by the overwhelming majority of clinical investigation. However, there are
a limited number of situations which do not neatly follow this paradigm, and which merit
focused biomechanical investigation. Of these, the recognition of increased dislocation

risk in morbidly obese THA patients is of paramount importance.

The Obesity Epidemic

National obesity rates, after being relatively stable for several decades *',
increased to epidemic proportions some 30 years ago. Obesity prevalence doubled in US
adults between 1980 and 2002, while nearly tripling in adolescents in this same time
period *2. Current obesity prevalence in the US is staggering: 68.3% of US adults are
classified as overweight (body mass index, BMI, greater than 25 kg/m2), of which 33.9%
are classified as being obese (BMI>30 kg/m2) °. When stratified at higher categories of
obesity, the rates are equally alarming: 14.3% of US adults are at a BMI level of at least
35, and 5.7% are at a BMI level of at least 40, implying that at least 10 million American
adults have body weight at least twice their ideal. The obese population encounters more

%493 and thus present a very difficult challenge to the healthcare

severe medical problems
system. Unfortunately, the trends of the morbidly obese (often defined as BMI>40) do
not simply parallel those for the overweight or mildly obese. Between 2000 and 2005, the
prevalence of obesity (BMI>30) increased by 24%, while the prevalence of BMI over 40
increased by 50%. This disparity is even greater at the higher extremes of obesity — this
same time period saw a 66.4% increase in prevalence for those with BMI > 45, and a
75% increase in those with BMI>50 *°. The prevalence of obesity is even higher in

certain medical subpopulations. In a cross-sectional analysis of 1,710,032 veterans

receiving care at Veteran’s Affairs medical centers in 2000 °7, 73% of all men were
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shown to be at least overweight (BMI>25), with 32.9% classified as obese (BMI>30) and
3.3% as morbidly obese (BMI>40). The peak obesity prevalence was seen in those aged
50-59, with 39.9% classified as being obese. In the same study, 68.4% of women were at
least overweight, with 37.4% and 6.0% in the obese and morbidly obese classifications.
These prevalence rates were seen to be greater than the national rates for the same year.

Obesity, given its long-established role as a risk factor for several chronic
diseases, is thus a serious global healthcare issue. It has been estimated *® that the risk of
the moderately obese for hypertension is 2-fold higher than those of non-obese peers.
Similarly, the risks for other chronic health conditions are also elevated for moderate
obesity: A three-fold increase is expected for type-2 diabetes mellitus, a 25% increase in
the risk for hypercholesterolemia, and a nearly 20% increase in the risk of coronary heart
disease. This health disparity is even more exaggerated at higher levels of obesity. Data
from the National Health and Nutrition Examination Studies *° estimated that the
mortality associated with obesity (BMI>30) was associated with 111,909 excess deaths
relative to normal weight peers. The excess mortality was seen to be higher for greater
degrees of obesity, but interestingly was not elevated for those in the overweight category
(BMI between 25 and 30).

In addition to its role in predisposition to chronic medical conditions, obesity also
places a wide-reaching burden on the musculoskeletal system. A plethora of data exist
linking obesity with osteoarthritis (OA), not only in the weight-bearing joints (especially
of the knee but to a lesser extent the hip), but also in joints of upper extremity *°. While
the link between obesity and OA is deemed to be a complex interplay of multi-factorial
effects, the increased axial force due to body mass, often compounded with joint
malalignment, is seen to be a causative factor for knee OA '. The anatomical geometry
of the hip, in contrast to the knee, possibly affords a slight protective role due to
increased stability from additional soft tissue support and geometrical conformity,

perhaps explaining the degree of disparity between load-induced OA in the knee versus
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in the hip '°'. Given the causative effects of OA and resulting joint arthroplasty, it is not
surprising that obesity has been directly linked to increased odds for requiring knee or hip
arthroplasty. Several studies '**'* have demonstrated BMI as constituting the greatest
relative patient risk for knee (RR>8) and hip (RR>2.5) arthroplasty. Expectedly, the
degree of obesity has been shown to correlate strongly with the need for joint
replacement. A power-law relationship was shown to exist between BMI and the
requirement for either knee or hip replacement '**. Compared to normal-weight patients,
overweight (BMI 25-30) patients had a 3.2- and 1.9-fold higher risk for total knee
arthroplasty (TKA) and total hip arthroplasty (THA), respectively. The risk increases
substantially for those with BMI 30-35, with an 8.5- and 3.4-fold risk increase for TKA
or THA. The relative risks jump even higher for those in the 35-40 classification: 18.7
(TKA) and 5.2 (THA), while those in the greatest obesity classification (BMI>40) were
demonstrated to be at a 32.7-fold increased risk for TKA and an 8.6-fold increased risk
for THA. It has also been shown that obesity affects the age at which joint replacement is
required. In a study of 1,369 patients having total joint replacement '*°, morbidly obese
patients were shown to require knee replacement at 13 years younger age than non-
overweight patients. For hip joints, morbidly obese patients required hip replacement 10
years earlier. Given the large-scale shift towards increased prevalence of obesity in the
United States, and the increased requirement for total joint replacement in a younger and
more obese population, the demographics of the total joint patient have changed as well.
In a 15 year prospective review of patients with joint arthroplasty '*, the proportion of
obese patients increased significantly, from 30.4% in 1990 to 52.1% in 2005. In step with
population-wide trends, the TJA rates for the morbidly obese increased even more: 5.2%
in 1990 compared to 12.8% in 2005. These prevalence rates were much higher than the
national obesity prevalence rates for the same years.

Post-arthroplasty obese patients also differ substantially from their non-obese

peers in terms of peri- and post-operative complications and outcome measures.
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Management of the obese arthroplasty patient has proven to be difficult. In a study of
1,343 THA patients '’ those with BMI > 35 were 2.3 times more likely to have a hospital
stay exceed 5 days and were 2.6 times more likely to be discharged to skilled nursing
inpatient rehabilitation. Also, periprosthetic infection has frequently been cited to occur

at higher levels in the obese population 108-114

. Like many other obesity-related
complications, there appears to be an association between level of obesity, and risk
stratification: a retrospective review of 6,108 total joint patients '*’ revealed an odds ratio
of 3.2 for deep infection for patients with a BMI>40 vs BMI<40, whereas those with
BMI>50 had an 18.3 times odds ratio of infection vs. those with BMI<50. While it has
been suggested that the longer operating time required for obese patients undergoing
arthroplasty ''> may be responsible for the increased risk for periprosthetic infections,
several studies have shown the increased propensity for infections to be independent of
operating time ''* """,

Other post-operative complications have been shown to increase in the obese
orthopaedic patient population. One study ''® reported a greater than 2.5-fold increase in
total complication rate post-THA for morbidly obese patients relative to normal weight
subjects, including greater than a 4.7-fold increase in all orthopaedic complications one
year post-operatively. In the same population, a nearly 2-fold increase was seen in
patients reporting difficultly descending or ascending stairs. The outcomes were much
more affected by obesity compared to those at one-year for TKA patients. Another study,
using a 15-year follow-up period ", observed a near perfect dose-effect decrease in
ambulation with BMI during the entire 15-year follow-up period. Statistically significant
reductions were seen for walking time without support, stair-climbing performance, hip
flexion and shoe-tying ability. In another study ''*, obese patients were observed to have
a significantly reduced Harris Hip Score in all parts except pain, when compared to non-

obese controls. Andrew et al. ' reported significantly reduced Oxford Hip Scores, with a

dose-effect relationship to degree of obesity. In another prospective study of revision
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THA patients ''°, obesity was seen to be a profound predictor in several outcome
measures. Statistically significant associations were determined between obesity and
pain, use of NSAID medication, and moderate-severe activity limitations including
walking-aid dependency, in the obese subjects compared to the non-overweight cohort,
after both 2- and 5-year follow-up. The effect of degree of obesity in this study was
shown to be most profound for the activity-limitation prediction.

The costs associated with obesity, in terms of both individual and global health
burdens, are sobering. It has been estimated *® that the expected lifetime medical care
costs for the moderately obese patient are about 50% higher than those for the normal
weight patient, while the increase for those with higher levels of obesity is even greater,
with a predicted 84% increase for those with a BMI of 37.5. The cost of treating obesity
and associated comorbidities is estimated to be 117 billion per year '%, rivaling the costs
attributed to cigarette smoking **. Owing to the disproportionate share of medical
complications accrued by the obese population, the healthcare cost-burden for the obese
is greater than normal-weight patients. A study analyzing 8 million inpatient medical
records of US hospitals '*° found cost-of-illness was 6.1% higher for obese patients, and
18.7% higher for the morbidly obese, compared to the non-obese, independent of hospital
stay or comorbidities. Given the alarming increase in obesity prevalence in the US, the
cost-burden, both individually and on the healthcare system as a whole, is certain to

increase in the foreseeable future.

Obesity and Instability following Total Hip Arthroplasty

Obese patients, owing to various anatomic and biomechanical factors, present
with varying degrees of structural and functional limitations. These limitations place
diverse restraints on ambulation and motions required for daily living. In a study of
20,553 primary THA patients '’ hip flexion in the obese patient was seen to be

significantly less than that for the non-obese cohort at 3 and 6 years follow-up, with only
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73.1% of obese patients able to flex > 90°, compared to 80.9% of non-obese subjects.
Jackson et al. ''* observed in a study of over 2,000 THA patients after 6 years of follow-
up that those with BMI > 30 had significantly reduced range of motion. Hip motion was
significantly reduced in terms of flexion (113° vs 122.5°), adduction (23.2° vs 25.2°), and
internal rotation (11.2° vs 14°) versus non-obese subjects. It is well understood that,
while highly complex and multi-factorial, dislocation in THA is very much a
biomechanically dominated phenomenon '*'. It has been shown convincingly in
computational models *® that dislocation risk increases with extremes in the range of
motion. Given these factors, it is therefore somewhat intuitive that obesity, because of
restricted ranges of motion, would provide some degree of stability protection, or at the
very least would not be associated with increased dislocation risk, from a purely
biomechanical view of the dislocation sequence. Thus, it is not surprising that this result

has been reported clinically *- 2%

. However, there is a growing collection of evidence
that obesity, especially morbid obesity, is a significant independent risk factor for
dislocation for both primary and revision THA.

In a study of 2,106 Swedish male primary THA patients '**, there were
dislocations in 1.2% of the normal BMI group (BMI 18.5-25), compared to 2.8% of
overweight patients (BMI 25-30) and 4% in those with BMI>30. When adjusted for age,
the overweight and obese had significantly increased risk, with odds ratios of 2.4 and 3.6,
respectively. In another large study "%, dislocation rates were assessed for the obese
(BMI > 30) vs non-obese (BMI < 30) for 2,495 primary THA patients. The dislocation
rates for the obese patients (3.7%) were significantly higher than those of the non-obese
(1.6%). Interestingly, while the total incidence rate for dislocation was nearly twice as
high for men versus for women, the relative rates in the obese group were significantly
higher in women than men (RR 3.0 vs 1.8). A large, multi-center study ' stratified

instability rates in 1,421 primary THAs into three groups: non-obese (BMI<30), obese

(BMI 30-40) and severely obese (BMI>40). The obese groups had dislocation rates of
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2.7% and 5.6%, compared to 1.3% in the non-obese group, resulting in odds ratios of 2.1
and 4.3, for the obese and severely obese groups, respectively. In a separate study of
obese Veterans Affairs Medical Center male veterans ''2, morbidly obese patients were
seen to have a significant 5-fold increase in dislocations when compared to those with
BMI < 40, resulting in an adjusted odds ratio of 3.5 for the most obese group.

While the clinical studies listed above report an average relative risk 3.7 for the
most-obese vs. non-obese groups, the discrepancy due to body weight reported for
revision THAs is even higher. Compared to primary THA, revision THA is associated
with significantly longer operation times, more extensive tissue/bone damage. Revisions
are associated with higher total dislocation rates, and are linked to a different set of risk
factors* for instability. In a study of 204 revision THAs over a ten year period ''*,
dislocation was observed in 10 (19.2%) obese patients versus 10 (6.6%) in non-obese
patients, with an adjusted odds ratio of 3.5. In this same study, the rate of all adverse
events in obese subjects (33%) was significantly higher than those in the non-obese group

(9%). Recently, a study by Kim et al. '*

of age-, gender-, and procedure-type matched
revision THA in 93 patients, dislocation rates were stratified into two levels: morbid
obesity (BMI>35) and non-obese (BMI<30). The morbidly obese patients were found to
have dislocation rates greater than six-times those for non-obese controls (19% vs 3%). In
the same morbidly obese patient cohort, seven patients required re-revision surgery, six
of whom required further surgical intervention to treat the instability.

The majority of studies examining stability following THA support the positive
association of body mass index and post-operative instability, both for primary and
revision surgeries. The studies reporting no statistical association between obesity and

. . 49,122,123
dislocation rates " °°

tended to be smaller studies compared to the much larger
studies described above reporting a significant association.
In addition to its linkage to a wide-reaching collection of chronic medical

conditions, obesity, independent of other concomitant medical conditions, has been
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shown to have detrimental effects on soft tissue structures. Adipose tissue, long thought
of being simply a static energy reserve, is rapidly gaining recognition as a potent
endocrine organ, modulating potent effects on inflammation and the on the immune
system through the release of soluble mediating factors '*°. These include a group of
adipose-tissue specific “adipocytokines” including adiponectin and leptin, as well as
several systemic proinflammatory cytokines such as tumor necrosis factor o (TNF), and
interleukin-6 ' '*’. Leptin has been directly linked to deleterious affects on cartilage '**,
providing a possible metabolic link between obesity and development of osteoarthritis.
The notion of obesity causing a chronic, inflammatory condition is supported in part by a
strong correlation between obesity and development of rheumatoid arthritis > ',
However, direct linkage in the literature between obesity and other musculoskeletal-
specific soft tissue detriments is more tenuous, and is mostly based on clinical
observation. Obesity has been associated with plantar fasciitis (OR = 5.6), and was seen
as a greater risk factor for that condition than manual workers reporting spending most of
the day standing on their feet. In a large case-controlled study of 849 patients '*°, a
significant dose-effect increase in rotator cuff tendonitis was seen for various levels of
obesity, with an adjusted odds ratio of 3.13 for males and 3.51 for females. In another
study of 501 workers '*!, obesity was seen to be a significant risk factor for development
of upper extremity tendonitis. Additionally, obesity has been recognized as a risk factor
for quadriceps tendon rupture '*2. And, obesity has been described as an independent risk
factor for the development of degenerative disc disease and back pain '

While clinical evidence supports an association between obesity and development
of various soft tissue disorders, there is reason to believe that this is an under-reported
linkage, especially for collagenous structures. In a radiographic study of lean tissue
properties of the thigh '**, investigators reported a noteworthy decrease in lean-tissue

density. Other investigators, using a hypothalamic-induced mouse obesity model, have

shown that obese mice have significant deficiencies of soft tissue structures, including
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decreased levels of mucopolysaccharides, glycoproteins, elastin and collagen **. Obesity
has also been postulated as a primary cause of vascular dysfunction: cutaneous
microvascular function was found to be significantly impaired in obese women compared
to normal weight controls '*°. These vascular alterations, including deficiencies in
capillary recruitment and endothelium-dependent vasodilation, were postulated to be
responsible for obesity-related developments of microangiopathy, hypertension and
insulin resistance.

Additionally, obesity has been strongly associated with altered collagen
organization and disrupted matrix properties. In a study characterizing skin properties in
bariatric surgery patients "*°, histologic analysis of skin samples demonstrated a
significant deviation towards poorly organized collagen organization, with several
inclusions of non-staining amorphous regions being noted. The collagen matrix of these
patients was described as degraded and diffuse, and distinctly acellular. Elastin fibers,
found in lower numbers than in non-obese controls, were identified as displaying
significant disintegration and fragmentation. Collagen bundles demonstrated a marked
decrease in thickness, with visually apparent “pockets” of resorption. The overall
assessment of tissue was similar to that seen in chronic inflammation. Differential
scanning calorimetry was used to quantify additional skin properties through assessment
of collagen denaturation. This can give insight into the degree of crosslinking and thus
mechanical integrity, and showed that skin from the obese group had measurably poorer
characteristics. This mechanical strength incongruity has been explored in animal
models: Enser et al. ">’ had previously reported weaker mechanical strength of skin in
obese vs. lean mice.

Possibly mediated through the same mechanisms of decreased vascularity against
the backdrop of a chronic inflammatory state, a strong association exists between obesity

138

and poor wound healing . Hypoxia, or conditions favoring hypoxia, is often observed

in the obese patient. Given the significantly larger body mass, obese patients are thought
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to place excessive demands on the heart and cardiovascular system, leading to poor tissue
oxygenation and subsequent ischemia in the tissue, causing undue tissue necrosis
susceptibility and other tissue compromise. These conditions are further worsened by the
respiratory burden seen in the obese: excessive adipose tissue in the abdomen and chest
can restrict proper thoracic inflation during inhalation, impairing respiratory vital
capacity, and leading to hyperventilation '*°, further compromising tissue oxygen tension
and adversely affecting wound healing functions. Many of the steps in the wound healing
process are oxygen-dependent. Fibroblast maturation, leukocytosis and phagocytosis, and
the proliferation and migration of cells to areas of tissue damage might also be impeded
in the obese patient. Additionally, many of the proinflammatory cytokines related to the
chronic inflammatory state of the obese patient have been shown to have detrimental
effects in the wound healing process '*.

Functional limitations in the obese patient tend to reduce the extremes of motion
shown to cause dislocation *°. It is during these extremes of motion that the effect of soft
tissue integrity on THA construct stability is expected to be greatest. While there is
strong evidence linking soft tissue compromise and dislocation propensity in THA
patients, and while there is a linkage between obesity and compromised soft tissue
function and repair, it is doubtful that soft tissue deficiency alone explains the increased
incidence of THA dislocation in the obese patient population. Of the various risk factors
associated with dislocation, many involve biomechanical abnormality in routine
execution of normal daily activities, abnormalities which are known to be greater in the
obese. A 1999 study by Woolson et al. ** evaluated potential risk factors in the first three
months following primary THA. Only a condition they called “cerebral dysfunction” (a
known history of excessive ethanol abuse or mental confusion) was statistically
significant. Interestingly, while obesity was not seen to be a significant risk, all primary
surgeries were performed with complete capsulectomy following a posterior THA. A

separate study 123 also indicated heavy alcohol consumption as an independent risk factor
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for THA instability, showing a dislocation rate of 23% in excessive drinkers compared to
5% in abstainers. While the strength of correlation between excessive ethanol
consumption and obesity is controversial, there does appear to be at least some linkage
between consumption and obesity risk '*'. However, the more plausible relationship
exists between obesity, alcohol, and postural stability. Alcohol has both acute and chronic
detrimental effects on balance, leading to postural instability and possible aberrant
movements and falls. Irrespective of the casual linkage between obesity and alcoholism,
individuals with higher BMIs have been shown to have substantially impaired posture

142-145

and balance , possibly defining a mechanism for the decreased THA stability in the

obese. Other authors have suggested decreased lower extremity peripheral muscle

44,112,113

strength as a risk factor for THA dislocation , especially for obese patients, in

whom muscle strength has been shown to be decreased for both women '*® and men '¥'.

However, perhaps the most likely explanation for the increased dislocation rate
seen in the obese is caused by the same anatomic functional limitations that seemingly
should protect them from instability. Recent work by our group '** has shown that extra-
articular soft tissue impingement can reduce stability for patients undergoing high flexion
(Figure 27).

Such impingement, termed “panniculus impingement”, creates an eccentric force
potentiating subluxation, analogous to what happens with hardware impingement; it has

118

been commented upon in the clinical literature . The occurrence of panniculus

impingement creates an additional force near the mid-thigh region. This additional force

can be significant, in some instances approaching 20% of body weight '**

. It may
substantially alter the kinematics of high-flexion motions, and increase the dislocation
risk by decreasing joint contact force during impingement, facilitating subluxation of the

femoral head from the acetabular cup.
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Figure 27: Possible soft tissue impingement leading to decreased stability post-THA for
obese patients. Left: Sagittal plane schematic at the instant of maximum flexion prior to
lift-off of the buttocks during a sit-to-stand maneuver. Right: Adverse kinetics involved
in the obese sit-to-stand, demonstrating panniculus impingement, which creates an
additional abdominal force and subsequent torque tending to cause subluxation of the hip
joint.

A somewhat analogous relationship between extra-articular soft tissue
impingement and subsequent dislocation was recently observed by Kim et al. '**. In that
study, a higher dislocation rate observed in obese patients following revision THA was
attributed to extraarticular soft tissue impingement during hip adduction and flexion
(Figure 28), with hip adduction noted as typically causing instability. Given the gender
differences in adipose tissue deposition '*, with females predominately depositing fat in
the hip and thigh area compared to a more abdominal distribution for males, the idea of
increased dislocation risk from increased thigh adipose tissue content is given additional
credence due to the higher dislocation rates observed in obese females compared to obese

114
males .
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Figure 28: Possible mechanisms for dislocation in obese THA patients. (A) Thigh
impingement during adduction creates a laterally directed force on the femoral
component. (B) Thigh impingement is relieved if dislocation occurs. Modified from '

These observations highlight the point that the kinetics and kinematics of
locomotion in obese patients, differ from those of normal weight subjects. This has been
studied most extensively in gait, with observed differences as a function of BMI '**'°*-
152 Similar decreased motion strategies have been observed in goal-directed upper-

14133 Unfortunately, however, there is a paucity

extremity movement ' and in jumping
of data reporting functional differences between obese and normal weight individuals
undergoing motions associated with increased risk of hip dislocation. Studies in obese

1157 show that obese subjects tend to

individuals performing a sit-to-stand maneuver
utilize a strategy which limits trunk flexion, in order to minimize momentum of the lower
back, compared to normal-weight subjects whose strategy was characterized by fully
forward trunk flexion. Obese subjects therefore had higher knee torque and decreased hip
torque production compared with normal weight controls. Interestingly, it was seen that
with repeated trials, obese subjects changed their rising strategy by increasing trunk
flexion, possibly leading to yet higher panniculus impingement forces and altered hip

joint kinetics. The kinematics of obese subjects undergoing other dislocation-prone

kinetics, however, is currently unknown.
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To move beyond conjecture as regards a potentially under-appreciated mechanism
for THA instability, the previously physically-validated FE model of total hip dislocation
was augmented to include the biomechanical effects of external soft tissue (thigh-thigh)
impingement. Toward the goal of providing quantitative data to help guide surgical
management regarding hip replacement in the morbidly obese, this FE model was utilized
to determine whether thigh soft tissue impingement could substantially decrease THA
stability, and if so, at what level of body mass index this effect would become significant.
Additionally, factors under the surgeon’s control (implant head size, neck offset, cup
geometry and cup abduction) were investigated, to determined these factors’ influence on

THA stability in the obese patient.

Muscle
K = 8.1MPa, v=0.48 THA Py Capsule
Adipose hardware \
E = 0.5252+0.0024£+0.005
Skin
> E = 0.15MPa, v=0.48

Figure 29: The FE model of extra-articular soft tissue impingement and subsequent THA
instability consisted of (1) implanted THA hardware; (2) hip capsule (posterior half of the
capsule rendered transparent for clarity); and (3) extra-articular soft tissue including
muscle, adipose tissue, and skin, surrounding a rigid femoral canal. The model assumes
right-left anatomic symmetry. E=Young’s modulus, K=Bulk modulus, e=nominal strain,
v=Poisson’s ratio.
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Methodology for the Obesity-Related Dislocation FE Model

The obesity THA dislocation FE model consisted of three parts (Figure 29): (1)
THA hardware, (2) hip capsule, and (3) mirrored left and right thighs. Left and right
thighs were composed of a femoral shaft (assumed rigid), muscle, adipose tissue and
skin. The bulk material of adipose tissue in compression was modeled as a neo-Hookian

. a1 . . . . .
hyperelastic solid '**. Using a small strain assumption, skin and (passive) muscle were

158, 159

modeled as linearly elastic

Figure 30: Eight graded levels of BMI were used in the dislocation FE series. Anatomic
shape parameters where used for the baseline case (BMI=20), which were then scaled
using anthropometric data to assume thigh geometry for an overweight patient (BMI=25)
and six grades of obesity. An initial analysis step brings the thighs into appropriate
apposition (as shown) for the beginning of the analysis, resulting in contact occurring
between the thighs in all six obese FE models.



58

Thigh morphology was based on anatomical geometric shape functions. Using
anthropometric data ', these shape functions were scaled for eight separate graded
levels of BMI (Figure 30). It was assumed that the skin thickness and muscle mass would
remain constant across all levels of BMI, with the girth increase across the models being
attributable solely to increase in adipose tissue.

Two separate THA implants were modeled. The first incorporated a 28-mm head.
The second was a contemporary modular large-head (36mm) implant with a standard or
high-offset (8mm) neck. Fifteen separate acetabular cup orientations were generated by
varying cup abduction from 30° to 65° in 2.5° increments, with constant 10° of cup
anteversion.

A sit-to-stand maneuver was used as the dislocation challenge. Input kinematics
and kinetics were obtained from motion data previously collected for 10 subjects
performing this motion . The input data were modified to reduce peak flexion during
the motion sequence, to simulate the reduced flexion of obese subjects performing a sit-
to-stand *’. (This same obese sit-to-stand input sequence was used for all BMIs
addressed in the FE series, to remove the potentially confounding influence of the joint
angulation range utilized.) Right-left motion symmetry was assumed during the
maneuver, i.e., each leg was driven by mirrored kinematics. Joint contact forces were
scaled for each model’s simulated body weight. Based on cadaveric measurements, a
constant initial distance between femoral head centers (200mm) was assumed.

All mesh zonings for the model were pre-processed with TrueGrid. A separate FE
model was generated at each of the 15 cup orientations for all eight graded levels of BMI,
for each of the three implant combinations, resulting in a total of 360 individual FE
simulations. For each simulation, the (assumed rigid) metal backing was rigidly fixed in
space (i.e., anchored to the bony pelvis) by constraining its control point’s nodal rotation
and translation. The acetabular liner was held within the shell through frictional

interactions. The femoral stem was orientated at 5 degrees of anteversion for all cases.
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All rotations and loads associated with each dislocation motion sequence were prescribed
at the center of the femoral head. Because of the non-linear behavior of both capsule and
adipose tissue, all analyses were executed using Abaqus/Explicit. For computational
economy, the THA hardware was assumed rigid. For each FE simulation, the components
of the femoral head displacement were tracked throughout the entire input sequence.
Physical corroboration of the thigh-impingement FE model was conducting using
a calibrated interface pressure mat (CONFORMat, Tekscan, Inc.), allowing for real-time
analysis of contact pressures and for integration of the total loads registered between the
thighs of obese subjects during a sit-to-stand kinematic challenge (Figure 31). Real-time
Tekscan pressure acquisition was performed on a 41-BMI female subject during a sit-to-
stand sequence. Peak thigh-thigh contact load was reached at the terminal phase of the
sit-to-stand. The maximum thigh circumference of the subject fell between the simulated
thigh circumference of the 35- and 40- BMI FE models. Registering the mat’s sensing
area to the finite element mesh, agreement of the physically measured versus computed

thigh-thigh contact force was within 16%, for the 35- BMI case (Figure 31).
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Figure 31: Physical corroboration of thigh-thigh impingement computation was
performed using an interface pressure mat applied between the thighs of an obese (non-
THA) subject performing a sit-to-stand maneuver (A). Spatial integration of the Tekscan
mat contact stress measured during thigh impingement resulted in 146.4N of peak lateral
load (B). Physical representation of the placement of the pressure mat (A) is
demonstrated for the 35 BMI FE model (C) and 40 BMI model (D). The peak thigh
circumference of the patient fell between these two simulated cases. Peak computed load
within the approximate area covered by the sensing mat (dashed boxes in C and D) was
170N for the 35 BMI case.
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Results of Obesity FE Study

The thigh-thigh impingement was found to deliver a substantial impetus for
dislocation in the obese patient models, independent of implant hardware impingement
and/or bony or intra-articular soft tissue impingement. Peak thigh-thigh impingement
loads were developed during the terminal phase of the maneuver, when the hip adduction
was greatest. Those force magnitudes exceeded 1000N for the highest BMI cases (Figure
32), leading toward joint instability (Figure 33). However, femoral head displacement
(instability) did not become appreciable until BMI reached approximately 40 (Figure
34A-B). Beyond that threshold, for higher values of BMI, there was a monotonic increase

in femoral head subluxation, often resulting in frank dislocation.
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—O— 36mm standard offset
1400 1 ~ @ 36mm high offset
1200 1 ——28mm standard offset P
”~
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Figure 32: Peak thigh-thigh impingement forces were developed during hip adduction in
the terminal phase of the sit-to-stand maneuver. Thigh-thigh impingement forces
exceeded 1000N for both the 36mm and 28mm standard neck models at an approximate
BMI of 50, but were significantly reduced for all BMI levels with the use of an offset
stem.
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Figure 33: Instability (quantified in terms of femoral head subluxation) in the simulated
obese THA models occurred during hip adduction at the terminal stage of the sit-to-stand
kinematic challenge. Impingement between the thighs, the intensity of which increased
during hip adduction, developed a laterally-directed force whose magnitude was
sufficient to alter joint kinematics, leading to frank dislocation in the highest-BMI
models.

Dislocation propensity was shown to be highly sensitive to cup abduction, with
cups at high abduction demonstrating substantial decreases in stability. Increased head
diameter demonstrated slight improvements in joint stability, especially for less abducted
cup orientations (Figure 34B). Dislocation propensity decreased substantially with the
use of the 8mm high offset neck, which effectively increased the problematic BMI
threshold from 40 for the standard offset to 50 for the high-offset cases. While
simulations of the highest BMI and the largest cup abduction resulted in joint subluxation
(4mm), frank dislocation (i.e., joint subluxation numerically greater than the head radius)

did not occur for any FE simulation incorporating the high-offset stem (Figure 34C).
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Figure 34: Dislocation risk was found to be highly sensitive to both BMI and cup
abduction for the 28mm head (A), although instability (quantified in terms of femoral
head subluxation) did not occur for simulated BMIs of 35 or less. Increased cup
abduction also led to elevated dislocation risk. A similar BMI-versus-cup-inclination
relationship was shown for the standard offset 36mm cup (B), where instability was most
pronounced at higher cup abduction angles. Dislocation risk was substantially reduced
when a high offset (§mm) neck was used with the 36mm cup (C).
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Discussion of Obesity FE Study

This model corroborates clinical observation that thigh-thigh impingement in the
obese THA patient can predispose to hip instability. The model demonstrated a dose-
effect relationship between BMI level and THA instability, with an apparent BMI
threshold of 40 above which obesity effects became appreciable. An effect onset
threshold in this range has been noted clinically when dislocation rates have been
stratified for higher grades of obesity ''*''*. Additionally, the present work suggests that
thigh circumference, rather than BMI per se, is what directly acts to decrease joint
stability. (This is as opposed to most other obesity-related health problems, which
strongly correlate to central obesity.) A corroboration clinically is that when normalized
to BMI, THA dislocation rates in obese females have been shown to be higher than in
obese males ''*. Because of the gender differences in adipose tissue deposition '* —
females predominately depositing fat in the hip and thigh area compared to a more
abdominal distribution for males — the paradigm of elevated dislocation risk being due to
increased thigh adiposity is given additional credence.

Cups positioned in more vertical orientations are typically thought to improve
joint stability, as the overall effect of increasing acetabular cup inclination and
anteversion is to provide a greater range of motion prior to neck-on-liner impingement
for flexion-dominated kinetic challenges, similar to the rationale for the use of large
femoral heads or high head/neck ratios. However, this study suggests that these classic
range-of-motion-increasing considerations might not be as helpful for the morbidly obese
patient. Rather than impingement “lever-out”, the instability encountered in the present
series occurred due to “slide-out” or “shear-out”, the mechanics of which are completely
independent of any hardware or bony impingement. While this slide-out mode of
dislocation has been demonstrated both experimentally '°' and computationally **
design strategies to afford protection against it are not so well evolved as for

impingement-preceded dislocation. Only modest benefit was seen when using a 36mm
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head compared to a 28mm head, regardless of the theoretical improvements in range of
motion prior to neck-on-cup impingement. As regards slide-out, these two implants differ
in that the 28mm cup provides a full hemisphere (180°) of femoral head coverage,
compared to only 163° for the 36mm head construct. Additionally, the rounded chamfer
of the 36mm cup would tend to allow for easier slide-out head egress than does the sharp
edged/flat chamfer design of the 28mm cup, due to decreased shearing of the head as it
slides over a rounded lip (Figure 35). Such considerations suggest that cup
shape/geometry (especially the extent of head coverage), rather than simply head

diameter, more strongly influence stability in the morbidly obese patient.

Figure 35: Jump distance with larger heads and rounded cup edges. The 28mm THA
hardware (A) consisted of a standard offset neck with a 5° anteverted stem (left), and a
28mm cup diameter cup (middle) with a flat lip and chamfer (right) and 180° of head
articular coverage, resulting in 14mm of “jump distance” required for dislocation. The
36mm THA hardware (B) also consisted of a standard offset neck anteverted to 5° (left).
The cup diameter was 36mm (middle), but the rounded lip/chamfer of the cup (right)
resulted in only 163° of articular coverage, decreasing the “jump distance” from a full
head diameter (18mm) to only 15.3mm.
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To more fully investigate the role of cup lip geometry on instability tendency,
several permutations of cup design were considered (Figure 36). There was a nearly

linear inverse relationship between cup lip fillet radius and the load required to subluxate

the head.
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Figure 36: Thigh-thigh impingement force. Peak loads required to initiate subluxation of
the femoral head were strongly sensitive to cup lip design, with cups with larger lip fillet
radii (and therefore less articular head coverage) requiring less laterally-directed thigh-
thigh contact force to become unstable. Cups were in 50° of abduction.

Increased neck offset, possibly due to increasing peri-articular soft tissue tension,
has also been associated with improved stability following THA °’. The use of an 8mm
neck offset in the present model yielded substantial improvement in joint stability.
However, as opposed to simply the theoretical advantage of increased soft tissue tension,
another contributing mechanism may have been the corresponding increase of the

distance between the two femurs, effectively reducing the intensity of the thigh-thigh
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impingement. Therefore, usage of offset necks might be especially helpful to mitigate
THA dislocation propensity in the morbidly obese. Finally, the present data suggest that,
in light of functional hip angulation utilized by the morbidly obese patient, cups with
higher inclination angles will have elevated dislocation risk. While avoiding vertical cup
inclination is challenging intraoperatively in the obese due to the difficult surgical

162

exposure and retraction -, these data suggest that every effort should be made toward

that end.
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CHAPTER 2: IMPINGEMENT PER SE IN TOTAL HIPS

In physical science the first essential step in the direction of learning any subject
is to find principles of numerical reckoning and practicable methods for
measuring some quality connected with it. I often say that when you can measure
what you are speaking about, and express it in numbers, you know something
about it; but when you cannot measure it, when you cannot express it in numbers,
your knowledge is of a meagre and unsatisfactory kind; it may be the beginning of
knowledge, but you have scarcely in your thoughts advanced to the state of
science, whatever the matter may be.

Sir William Thomson 1* Baron Kelvin, Popular Lectures and Addresses Vol. 1

The majority of THA dislocations ensue from mechanical impingement '*', where
the femoral component comes into contact with bone, soft tissue, or the acetabular
component of the implant, creating a fulcrum causing levering-out of the femoral head
from the cup, in turn leading to instability and often to frank dislocation. Impingement of
the femoral neck on the acetabular cup liner is the most frequent such engagement
mechanism. The risk factors for impingement generally mirror those for dislocation.
Specifically, implant geometry (particularly head:neck ratio) and component orientation
have been addressed extensively. Of these, the effect of component orientation has had
the greatest recognition. For surgical implantation for THA, various terms are used to
describe the orientation of the acetabular cup, including inclination, anteversion, cover,
abduction, tilt, opening and flexion. Inclination and anteversion are the most commonly
used, but these terms historically have had imprecise definitions '’. Component
orientation can be assessed anatomically, radiographically or by direct observation during
surgery (Figure 37). The angles determined from these three different methods differ due
to their different spatial definitions of rotational axes. Therefore, there are three separate
definitions of inclination and anteversion, which is often a source of confusion when

comparing investigations of cup orientation across multiple studies.
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Cup Inclination

Radiographic version Operative version Anatomic version

Figure 37: Commonly used acetabular cup orientation measurements. Each orientation
method defines cup inclination identically, while version is based upon different
reference planes and rotational axes. Modified from '*.

Contact Mechanics of Impingement 165

Introduction

Although concerns regarding impingement generally focus on its role in leading
to instability, impingement per se also merits attention due to propensity for damage to
the implant components themselves. Neck-on-liner impingement is a common
complication of THA, with evidence of impingement damage being reported in a
majority of explanted THAs ®* %1% Concerns associated with impingement-related
bearing damage in conventional metal-on-polyethylene (MoP) constructs are usually

associated with increased osteolytic potential with accelerated wear '®’. However, the
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recent (and rapid) adoption of advanced low-wear bearings brings new considerations to
the fore regarding impingement-related bearing damage. Impingement in hard-on-hard
bearings (including metal-on-metal, MoM, and ceramic-on-ceramic, CoC), given the
relatively unyielding nature of the “hard” surfaces, is presumptively more detrimental
than impingement with conventional MoP implants.

For conventional MoP implants, the stress concentrations following impingement

58,168 However, for hard

have been previously investigated using finite element analysis
bearings, computing the contact stresses arising from impingement events involves
additional computational difficulties. Owing to their generally unyielding material
behavior compared to conventional polyethylene, contact with hard bearings results in
highly localized contact zones at the site of neck impingement on the liner and at the liner
edge during head subluxation and subsequent egress edge-loading, resulting in severe
spatial gradients of stress concentration. Element mesh zoning sufficiently refined to
capture the spatial stress gradients associated with contact at the impingement and egress
sites are logistically prohibitive, owing to excessive computational resource
requirements. To overcome this limitation, a multi-stage FE formulation was utilized.

The first stage involved whole-construct level analysis of global impingement dynamics.
Subsequent stages involved progressively refined “sub-models” of stress concentration
sites, to capture the stress concentrations associated with impingement in hard bearings.
This formulation allowed for investigation into the extent to which the severity of
localized stress concentrations challenges the (bulk) material limits of hard-on-hard
bearings. Additionally, such refinement of the contact stress zones enabled the
calculation of propensity for debris generation (“scraping wear””) during impingement

events in HoH bearings.

Impingement Contact Mechanics FE Methods

Physically-realistic analysis of impingement and subsequent femoral head
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dislocation requires modeling at the whole-construct level. These considerations include
accounting for soft tissue (capsular) deformation, joint contact loads, and modeling the
large sliding distances encountered during joint angulation for the normally contacting
surfaces of the bearing, as well as the abnormally contacting surfaces during an

impingement/subluxation sequence (Figure 38).

Impingement site

Egress site

Figure 38: Contour plot of liner von Mises stresses developed during
impingement/subluxation of a right hip at high flexion. Stress concentrations occur at two
distinct regions of the cup: the impingement site (anteriorly) and the egress site
(posteriorly). For visualization clarity, the bony femur is removed, the femoral
component is rendered translucent, and only the anterior half of the capsule is shown.

However, accurately quantifying the localized contact mechanics during implant
impingement necessitates an alternative FE modeling approach: very high mesh

refinement at specific locations that can only be known a-posteriori from a global
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analysis. Therefore, to simultaneously address both these concerns, a multi-tiered
approach was used. Given the model complexities associated with large soft tissue
deformation during hip flexion, and multiple contact engagement sites, an explicit FE
scheme was used for the global analysis. Output metrics of the global solutions included
impingement-free range-of-motion (ROM), ROM to frank dislocation, and surface von
Mises stress. For those analyses which resulted in frank dislocation, the computational
simulation was truncated after 4 mm of femoral head subluxation. Mesh convergence
studies were conducted to identify the level of mesh refinement appropriate for the global
analysis. However, mesh refinement appropriate for this purpose is far too coarse for
appropriate resolution at the sites of stress-concentration arising from component
impingement. Convergence studies, as well as comparisons with analytical Hertzian '®

contact solutions, aided in the identification of appropriate mesh refinement for those

localized analyses (Figures 39-40).
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Figure 39: Contact analysis convergence study for neck impingement. Mean relative
errors for FE-predicted contact pressure, compared to a Hertzian analytical solution for a
surrogate contact analysis for eight different mesh densities. Model run times for each
simulation are also shown (right axis). A target global mesh density of 5 elements/mm>
yielded an appropriate trade-off between accuracy and computational economy.
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Figure 40: Peak contact pressure vs. mesh density for submodeling. The gold standard
was an analytical Hertzian solution for contact of a partially nested sphere-in-torus,
simulating the geometry of egress-site edge-loading during femoral head subluxation.
Convergence was attained at an approximate mesh density of 20 elements/mm?’.
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Figure 41: (A) Global model for a 40°-tilt, 20° anteversion cup during neck-on-liner
impingement. For visualization clarity, the hip capsule has been removed and the femoral
component rendered translucent. (B) Associated second-stage submodel for the liner,
demonstrating substantial improvement in resolution of the contact stress contours as
compared to the global model. (C) Close-up view of the impingement-site for the
submodel shown in (B).
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Attempting to run the global analysis with such refined element zonings would
have resulted in runtimes measured in months for each simulation, wholly intractable for
considering several parametric permutations of cup positioning. For this reason, a multi-
staged modeling approach was performed using a submodeling approach (Figure 41). The
use of this formulation allowed for high mesh-density stress computations to be driven by
boundary-conditions passed from solutions of the large-scale global model.

The global model (Figure 38) consisted of THA hardware (28mm head, 28-46
mm acetabular cup, and metal shell), the hip capsule and bony anatomy. Each global
model of THA impingement/subluxation was accompanied by two separate submodels,
each with progressively increased mesh density. Preprocessing of the THA hardware was
performed using Truegrid. The MoM implants were modeled as linearly-elastic CoCr (E
=210 GPa, v=0.3, p = 9.2 gm/cc), with 0.029 mm of radial clearance and with a friction

coefficient of 0.1 !7°

. The ceramic portions of the CoC constructs were also assigned
linear elastic material coefficients (alumina, E = 380 GPa, v = 0.23, p = 3.98 gm/cc), the
radial clearance was 0.034 mm, and the friction coefficient was 0.04 '°. All analyses
were run with the femoral component in 5 degrees of femoral anteversion. Two separate
dislocation-prone motions were investigated: (1) a sit-to-stand from a normal chair height
and (2) a stooping motion .

In addition to quantifying the localized stress concentration arising due to
component impingement, the propensity for localized liberation of particulate debris due
to component “scraping” was also determined. This scraping wear was viewed as being
dependent upon the interaction of the local mechanical stress, local sliding distance, and
mutual tribologic abrasiveness of the two contacting surfaces. A methodology for
quantifying the local wear rate w from such interaction is provided by the Archard-
Lancaster formulation: w = o * s * kK where o is the local mechanical stress, s is the local

relative sliding speed of the two contact surfaces, and k is a wear factor that reflects

. . 171 .
contacting surface abrasiveness '''. Scraping wear then was assessed by temporo-
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spatially integrating this instantaneous local wear over all acetabular liner elements that
experienced either neck contact (impingement sites) or edge-contact from the femoral
head during subluxation (egress site).

One hundred forty-eight distinct global FE simulations were run using an explicit
FE scheme, each one followed by two separate submodel analyses executed using
Abaqus/standard (implicit). Fifty-four separate cup positions were investigated, with cup
tilt (inclination) and anteversion defined in the anatomic reference frame (Figure 37).
Each global FE simulation required approximately 120 processor-hours of computation

time. Subsequent submodels required less than 2 processor-hours of computation time.

Results of Contact Mechanics FE Study

Impingement-free ROM increased approximately linearly with increased cup
anteversion and inclination (Figure 42). ROM prior to component impingement was
consistently greater for the sit-to-stand challenges than for stooping (111° vs. 105°). The
kinematics for the stooping challenge, while also flexion-dominated, involved
significantly more internal rotation and abduction than did the sit-to-stand motions, thus

tending to reduce the flexion ROM.
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Figure 42: Range-of-motion at incipient impingement for sit-to-stand (STS) and stooping
dislocation challenges for (A) 40° of cup tilt as a function of cup anteversion and (B) for
10° of cup anteversion as a function of cup tilt.
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Values for peak surface effective vM stresses at the egress and impingement sites

were seen to increase also approximately linearly with tilt and anteversion, over most of

the range of cup orientations modeled (Figure 43). However, at some extreme conditions

of cup orientation, impingement onset either occurred relatively late in the motion

challenge, or even failed to occur. In such circumstances, appreciable egress-site stresses

did not develop (Figure 44). Egress-site stress, because of the highly localized nature of

rim line-loading, involved stress concentrations that were generally higher than those at

the impingement site (Figures 43 and 45). Peak stresses developed for the stoop
dislocation challenge were consistently higher than those for the sit-to-stand challenge,
for any given cup orientation. For the ceramic bearing, peak stresses at both the

impingement site and the egress site were consistently greater than those for the MoM

bearing, owing to the higher modulus for the ceramic versus metal liner (Figures 44-45).
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Figure 43: von Mises stress for egress-site and impingement-site regions for both sit-to-

stand and stoop challenges, as a function of tilt for a 10° anteverted cup. The
relationships were approximately linear (dashed lines are linear regressions).
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Figure 44: Egress-site peak vM stresses. (A) MoM sit-to-stand; (B) MoM stoop; (C) CoC
sit-to-stand and (D) CoC stoop.
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Figure 45: Impingement-site peak vM stresses. (A) MoM sit-to-stand; (B) MoM stoop;
(C) CoC sit-to-stand and (D) CoC stoop.



Table 1: Summary of cup-orientation-dependent damage severity assessment.
* denotes impingement did not occur; # denotes frank dislocation did not occur

Sit-to-Stand Stoop Sit-to-Stand Stoop
MoM MoM CoC CoC
Cup Damage Cup Damage Cup Cup
Orientation Severity Orientation Severity Orientation Orientation
Vol. Vol.
Tig  Ante-  vM o Wear | gy Ante- - vM o Wear | g Ante- | gy, Ante-
version Mpa 10 version Mpa 10 version version
mm’® mm’®
15 10 188 6.53 15 10 240 4.72 30 0 30 0
17.5 10 226 5.53 17.5 10 351 11.57 30 10 30 10
20 10 210 4.76 20 10 476 10.88 30 20 30 20
22,5 10 274 4.32 225 10 500 10.40 30 30 30 30
25 10 303 4.46 25 10 558 9.08 # 30 40 # 30 40
27.5 10 297 4.01 275 10 558 12.44 40 0 40 0
30 0 290 7.07 30 0 500 46.69 40 10 40 10
30 10 326 4.88 30 10 666 15.84 40 20 #40 20
30 20 400 5.38 30 20 759 31.82 40 30 #40 30
30 30 617 8.41 30 30 904 39.10 #40 40 *# 40 40
# 30 40 485 5.96 # 30 40 973 64.86 50 0 50 0
32.5 10 384 7.05 325 10 614 26.36 50 10 # 50 10
35 10 402 18.02 35 10 661 27.18 # 50 20 # 50 20
37.5 10 438 12.43 375 10 686 39.09 # 50 30 *# 50 30
40 -15 244 8.27 40 -15 334 6.71 *# 50 40 *# 50 40
40 -12.5 234 8.20 40 -12.5 328 6.68 60 0 60 0
40 -10 244 4.68 40 -10 394 10.30 # 60 10 # 60 10
40 -7.5 289 7.19 40 -7.5 336 717 *# 60 20 *# 60 20
40 -5 290 8.98 40 -5 515 1243 | *#60 30 *# 60 30
40 -2.5 335 7.50 40 -2.5 534 21.42 *# 60 40 *# 60 40
40 0 427 10.19 40 0 592 19.56
40 25 391 13.38 40 25 625 28.87
40 5 483 15.71 40 5 687 33.70
40 7.5 572 19.64 40 7.5 666 27.10
40 10 537 20.88 40 10 795 49.02
40 12.5 506 18.74 40 12.5 918 53.91
40 15 561 21.01 #40 15 837 64.10
40 17.5 510 18.88 #40 17.5 873 72.43
40 20 558 20.12 #40 20 783 64.63
40 22.5 608 22.05 #40 225 786 38.09
40 25 661 22.08 #40 25 748 33.71
40 27.5 718 22.14 #40 275 798 25.04
40 30 748 22.70 #40 30 825 10.47
#40 325 689 31.25 #40 325 724 2.91
#40 35 715 30.09 #40 35 704 0.55
#40 40 986 3942 | *#40 40 214 N/A
42.5 10 590 23.28 42.5 10 789 62.62
45 10 640 29.85 45 10 870 66.84
47.5 10 656 3241 | #475 10 907 68.65
50 0 606 22.50 50 0 609 33.25
#50 10 789  39.62 # 50 10 1040 111.97
# 50 20 647 9.02 # 50 20 645 12.16
# 50 30 204 0.30 *# 50 30 202 N/A
*#50 40 166 N/A *# 50 40 227 N/A
52.5 10 797 5042 | #525 10 992 86.94
# 55 10 629  40.39 # 55 10 870 75.81
#57.5 10 648 30.15 | #57.5 10 913 53.14
60 0 676 44.94 60 0 741 43.88
60 10 714 6.57 # 60 10 824 41.20
*# 60 20 180 N/A *# 60 20 172 N/A
*# 60 30 187 N/A *# 60 30 195 N/A
*# 60 40 164 N/A *# 60 40 199 N/A
#62.5 10 397 2.30 #62.5 10 838 33.73
*# 65 10 157 0.07 # 65 10 782 22.54
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Computed values for volumetric “wear” from the scraping events for the MoM
impingement simulations are reported in Table 1, along with corresponding values for
metal-surface vM stresses. It can be appreciated that these two distinct aspects of implant
damage propensity were highly coupled (concordance coefficient = 0.833) as regards
their respective cup orientation dependencies. Computed scraping wear at the egress site
generally exceeded that at the impingement site (Figure 46). Across the range of tilt-
abduction combinations studied, the egress sites accounted for 57 % of the overall

amount of computed volumetric scraping wear.
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Figure 46: Contour plot of cumulative linear “scraping” wear at both the egress site and
impingement site for a 40°-tilt, 20°-anteversion cup developed during the stoop
challenge.

Discussion of Impingement Contact Mechanics

The extremely high stress levels here computed at hard-on-hard THA
impingement/egress sites represent among the most severe mechanical environments yet
quantified in the orthopaedic literature. For many cup orientations in this series, peak

computed von Mises stress approached or in some cases even reached the GPa range.
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Situations of high anteversion were particularly predisposed. In the case of metal-on-
metal, the material failure modality of primary concern is that the yield strength of the
CoCrMo alloy would be exceeded, leading to localized permanent (plastic) deformation.
The yield strengths for cast versus wrought Co28Cr6Mo alloy are 450 MPa and 827
MPa, respectively (ISO 5832).

For ceramic bearings, the concern of course is not ductile (yield) failure, but
rather catastrophic fracture. The mechanical considerations bearing upon crack nucleation
and crack propagation in brittle solids such as ceramics are much more complex than
those for yield failure in ductile materials such as metals. Taken as a whole, however,
there seems good cause for concern that impingement events - if and when they should
occur - pose a significant threat to the refined engineering integrity of hard-on-hard
contemporary THA bearings.

Creation of particulate debris at impingement and egress sites is a second concern.
Such particles would have only a very short path to migrate in order to enter the bearing
surface and become third bodies, thus compromising otherwise excellent wear
performance. Additionally, such debris would constitute direct particulate burden in the
peri-articular tissue bed, and/or in distant organs. In the case of metal particles, the
surface-to-volume ratio is enormously higher than for the bulk implant members,
favoring dramatic acceleration of the metal ion release rate, possibly leading to soft tissue
adverse reaction to metal debris or other immunologic reactions. At present, information
regarding debris creation due to impingement is largely lacking. The present
quantification of such debris in terms of “scraping” wear via the Archard formula is
obviously a substantial simplification of what are undoubtedly very complex local
tribological interactions at these sites. Moreover, the specific k factor utilized in this
analysis was inferred from articulation of fluid-film-lubricated polished CoCr surfaces
172 and therefore probably substantially underestimates the abrasiveness of non-

lubricated, non-polished contacting metal surfaces. For these reasons, the values of
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computed volumetric scraping wear need to be interpreted as relative rather than
absolute. Nevertheless, the present parametric results convincingly demonstrate that (1)
some impingement events are far more deleterious than others in terms of propensity to
generate scraping wear debris, (2) that the egress site is a substantially greater cause of
concern in that regard than is the impingement site, and (3) that cup orientations that are
especially problematic in terms of bulk-level implant material failure generally
correspond to the cup orientations that are especially problematic in terms of scraping

wear.

Bone-on-Bone versus Hardware Impingement

Introduction to Bone vs. Component Impingement

In an implanted hip replacement, several forms of impingement are possible.
Impingement can occur between the femur (femoral implant or native bone) and either
the cup liner, the shell backing, the bony pelvis, or peri-articular soft tissues. In
conventional THA, impingement typically occurs between components of the THA
implant (as previously described). Therefore, in the vast majority of experimental studies
of THA impingement and range-of-motion have used THA hardware tested in isolation.
In these and other studies, it has been observed that increased femoral head diameter (a
feature permissible with advanced hard bearings) increases the range of motion prior to
occurrence of impingement, thereby increasing the implant’s safe range-of-motion.
However, it has been suggested that with large femoral heads, bone-on-bone will be the
most common impingement modality, implying that a point of diminishing returns exists
for larger head sizes. Using a cadaveric model, Bartz et al. '®' determined that hardware
impingement occurred with a frequency of 50% for 28mm femoral heads, and 30% with
32mm head diameters, versus osseous impingement. However, that study was limited in

terms of motions analyzed (hip flexion simulating chair rising) as well as using only a
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single (neutral) cup position. Observation of a similar transition between prosthetic
impingement and osseous impingement with increased head sizes were found in an early
(and even more experimentally-limited) cadaveric study '”°. Using a mathematical model
of hip range-of-motion for THAs with 28, 32, 36 and 38mm heads, Cinotti et al. '"*
determined that osseous impingement is more common than prosthetic impingement for
36mm and 38mm implants versus smaller femoral heads. However, while this latter work
analyzed impingement events for multiple cup orientations, again, simplified joint
kinematics were used.

These cited studies represent the bulk of in-depth investigations in the orthopaedic
literature on the topic of impingement-site variance in THA. However, owing to the
many limitations, multiple questions regarding the kinematics and mechanics of
impingement-site variability remain. Presently, little or nothing is known regarding
differences in contact mechanics and joint stability for different modalities of
impingement. To narrow this knowledge gap, the previously developed FE model of
THA hardware impingement was modified to also address the issue of osseous
impingement in THA with increased head sizes. In contrast to the studies previously
addressed, this study investigated the impingement-type (bone-on-bone, component-on-
component, or hybrid), impingement-associated bearing contact stresses, and intrinsic

joint stability for several physiologically-realistic dislocation-prone challenge events.

Methods for FE Model of Osseous Impingement

The FE model was generated from manufacturer-provided engineering CAD files
of a widely used contemporary THA implant (Summit stem, 36mm M-spec head, 36mm
x 56mm Pinnacle cup, DePuy Orthopaedics, Warsaw, IN) which were pre-processed
using TrueGrid and Mathcad software. Seven distinct femoral head diameters (32mm to
44mm in 2mm increments) were considered (Figure 47), by projecting the outer surface

of the femoral head mesh onto scaled surfaces. Mesh densities for each were determined
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from prior convergence studies. Bony anatomy of the pelvis and femur were determined
by manual segmentation of the Visible Human (NLM, Bethesda, MD). The bony
anatomy was registered to the pelvic reference frame of the FE model, and virtual
femoral osteotomy and pelvic reaming were performed using Geomagic Studio. The
acetabular components were positioned in 40° inclination and 15° acetabular anteversion

(anatomic reference frame)

Figure 47: The THA FE models used in the bone impingement study. From left to right:
32, 34, 36, 38, 40, 42, and 44mm. The acetabular component was positioned neutrally
within the pelvis (40° inclination, 15° acetabular anteversion)

Candidate impingement challenge motions were determined from five posterior-
direction dislocation maneuvers (low sit-to-stand, normal sit-to-stand, sitting cross-leg,
leaning, stooping, and squatting) and two anterior dislocation challenges: rolling over in
bed and lateral foot pivoting *® (Figure 48). For a neutrally-oriented cup (40° cup
inclination, 15° anteversion) (Figure 49), of these candidate challenges, no component-
on-component impingement occurred, and only squatting resulted in bone-bone

impingement



Figure 48: THA impingement challenges. A) sit-to-stand from a low and a normal-height
seat, (B) leg crossing, (C) leaning, and (D) stooping. There were also two anteriorly-
directed challenges: (E) standing while pivoting the upper body and (F) rolling over
while supine. Squatting is not shown.

Figure 49: Site of osseous impingement. Pure flexion (a) resulted in impingement
between the femur and the anterior inferior iliac spine, at approximately 100° of flexion.
By contrast, even with 105° of flexion, stooping (b) did not result in impingement.
Squatting, however, resulted in impingement on the acetabular rim at 108° of flexion (c).
[lustration is for 38mm femoral head diameters

In addition to these seven FE models of bone impingement (referred to as “bone-
40”) , seven additional FE models were generated with a more horizontal cup orientation
(approximately 30°, “cup-30”), resulting in neck-on-cup impingement for the squatting
challenge. To eliminate cup orientation as a confounding factor, seven additional FE
models were generated at the 30° cup position, but with numerical contact removed
between the neck and cup, thus forcing the contact instead to be bone-to-bone (“bone-

30”).
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For these 21 resulting FE simulations, peak bearing vM stress, as well as the

dislocation resisting moment were recorded during the squat impingement challenge.

Results of Bone vs. Hardware Impingement Investigation

The component-on-component impingement events generated significantly higher
contact and surface stresses compared to the two bone impingement events (Figure 50a).
The two separate bone impingement models had similar stresses. Stresses for all three
impingement situations decreased with increased head diameter, the effect being most
pronounced for the cup impingement events. Peak resisting moment for the two bone
impingement scenarios were, on average, 5.5- and 2.6-fold higher than for hardware

impingement (Figure 50b).
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Figure 50: Peak surface (von Mises) stress (a) and peak resisting moment (b) for the 21
distinct FE models. Component-on-component impingement demonstrated substantially
greater edge-loading stress compared to the two bone-on-bone impingement variants, but
dislocation resistance for component impingement was significantly reduced.

Discussion of Bone vs. Hardware Impingement

To the author’s knowledge, this study represents the first investigation of the

variance in mechanisms and consequences between implant-on-implant vs. bone-on-bone
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impingement events. While all impingement events are detrimental, these data
corroborate previous investigations in terms of some impingement events being much
more detrimental than others. Bone-on-bone impingement, which has been postulated to
occur with greater frequency in larger head THAs, was shown to involve substantially
greater resistance to dislocation, and considerably less bearing surface contact stress, than
hardware impingement scenarios. For all but the largest implants investigated, generated
surface stresses approached or exceeded the yield strength of cobalt-chrome alloy.
Together, this suggests that, should impingement occur, impingement between the neck
and cup is (1) more likely to progress to dislocation, and (2) more prone to cause damage
of the bearing surface.

Additionally, while it is often suggested (based on a very limited number of
experimental investigations) that osseous impingement in large-diameter THAs is the
limiting factor for joint range of motion, this investigation has shown that hardware-only
impingement is still possible (and indeed more likely) for multiple physiologically-
realistic dislocation-prone motions.

Should impingement occur, contact between the bony femur and pelvis is
substantially less detrimental than that between the implant neck and cup. Larger femoral
heads, regardless of impingement location, result in less edge-stress and greater

dislocation resistance.



86

CHAPTER 3: FAILURE OF CERAMIC BEARINGS

Designing structures to avoid fracture is not a new idea. The fact that many
structures commissioned by the Pharaohs of ancient Egypt and the Caesars of
Rome are still standing is a testimony to the ability of early architects and
engineers . . . since mankind’s knowledge of mechanics was limited, workable
designs were probably achieved largely by trial and error. The Romans
supposedly tested each new bridge by requiring the design engineer to stand
underneath while chariots drove over it. Such a practice would not only provide
an incentive for developing good designs, but would also result in a Darwinian
natural selection, where the worst engineers are removed from the profession.

T.L. Anderson. Fracture Mechanics: Fundamentals and Applications 2nd ed.

Linear Elastic Fracture Mechanics '

Alumina ceramics for THA were introduced nearly four decades ago, to address
concerns over polyethylene-particle-induced osteolysis and to improve long-term results
in younger and more active patients **'"®. Ceramic-on-ceramic bearings offer several
advantages over contemporary metal-on-polyethylene or metal-on-metal constructs.
However, due to the brittle nature of ceramic materials, concerns persist regarding
implant failure due to catastrophic fracture. Microscopic-level imperfections in a brittle
material act as stress risers when load is applied. In linear elastic fracture mechanics
(LEFM) theory, the Stress Intensity Factor (K) is a measure of the severity to which
otherwise-present mechanical stress is amplified by the presence of a flaw. The
magnitude of K depends on several factors, such as macroscopic geometry of the part, the
geometry of the flaw, and the magnitude of the applied stress '’ (Figure 51).

Similar stress-magnification relationships exist for shearing mode fracture (Ki)
and for out-of-plane shearing (tearing) mode fracture (Kyy). For complex loading
situations, all three modes can contribute to material failure, a circumstance known as

mixed-mode fracture (Figure 52).



87

g% G®

v

I

c®a K1
0i,j = ﬁfi,j(9)= ﬁfi,j(g)

Figure 51: Linear elastic fracture mechanics for mode-I fracture. The flaw-magnified
stress tensor, ojj is determined from the far-field stress (6™), the crack length (a), the
distance from the crack tip (r), the angle of crack orientation () and the mode-I stress
intensity factor (Kj).
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Figure 52: Different modes of fracture. Mode-I describes opening (tensile) at the crack
tip. Mode-II describes sliding (in-plane) shear, while mode-III describes tearing (out-of-
plane) shear. In real-world situations, typically all three modes contribute to material
failure, a condition termed “mixed mode” failure.
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Fracture of brittle materials can be considered as encompassing two phases:
subcritical crack growth, and catastrophic fracture '”®. Small material flaws and

7817 propagate subcritically if

imperfections, which are ubiquitous in sintered materials
K exceeds a limiting threshold factor, Ko. When the value of K exceeds a critical stress
intensity (e.g. Kjc for tensile-mode failure), uncontrolled crack growth and catastrophic
fracture occur. Fracture of ceramic femoral heads has been a well recognized problem

175180 Impact loading of the ceramic head onto the metal trunnion (“Morse”

historically
taper) of the femoral neck creates regions of high circumferential hoop stress, which
sometimes tended to cause crack propagation and ultimately critical fracture (Figure 53).

However, extensive investigation into the design of this ceramic-metal interface, by

1 180-182 1 183 184,185

experimenta , analytica and finite element techniques, identified critical
design factors responsible for increased fracture propensity. This led to optimization of
design parameters such as component size, shape, taper angle, surface roughness and
neck length. Those design modifications, along with improvements in materials
engineering and in proof testing, decreased femoral head fracture rates from 13% for
first-generation alumina heads '*, to rates in the range of 0.004% "’ for contemporary
heads.

In contrast, ceramic liners have had a significantly less extensive body of work in
systematic analysis regarding fracture risk mitigation. Recently reported fracture rates for
contemporary liners are in the range of 3.5% " | 1.12% '® and 0.22% ", values which
far exceed the rates for (alumina) head fracture. Furthermore, it has been suggested that,
due to diagnostic difficulties, ceramic liner fracture is likely an “underestimated” issue.
0 Various predisposing factors for ceramic liner fracture have been cited, including
microseparation "', trauma 2 and obesity '”°. But, liner fractures apparently due to
component impingement far outnumber all other causes 188-190, 154, 193 (Figure 54). Given

the brittle nature of ceramic materials, the high stresses which occur during impingement

can give rise to elevated fracture risk. Optimal component positioning is thus arguably
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even more important for CoC constructs than for other bearing alternatives '*°. However,
the strength of influence of the various surgical positioning factors as regards ceramic
liner fracture propensity currently is purely conjectural. Therefore, need exists to
systematically investigate the relationship between ceramic fracture risk and surgical cup

positioning, for different variations in kinematic impingement challenges.

Direction of

applied load

Fracture-prone
area of high
tensile stress

Figure 53: Fracture of the femoral head typically occurs during the impaction of the
femoral head onto the neck, creating areas of high tensile stress.

Figure 54: Retrieved ceramic liners from failed CoC THAs. (A), impingement damage is
observed on the acetabular shell (white arrows), resulting in head subluxation and edge
loading (stripe wear on head, red arrow). Edge-loading is thought to cause fracture of the
ceramic liner (black arrows). Similar mechanisms are observed in (B), with impingement
damage (red arrow) leading to liner edge fracture (white arrow).
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Development of the LEFM FE Model

The ceramic liner LEFM FE model consisted of four distinct developmental and

analysis stages (Figure 55).

‘ Linear Elastic Fracture Mechanics FE Model

(‘?\ Global Model of THA
) Impingement
5 7
™\ LEFM Submodel:
©,

Site Sensitivity Analysis

@ Global Models of THA

Impingement

s 2

@ LEFM Submodel:

Motion and Orientation Analysis

Figure 55: LEFM algorithm. The ceramic liner LEFM FE model consisted of several
parts. (1) Impingement- and egress-site stresses in the ceramic liner occurring due to
component impingement from a sit-to-stand challenge are determined from the global
model of THA impingement (explicit solution scheme). These stresses are then passed as
boundary conditions to the first LEFM submodel (2). In this first LEFM series, the
position-dependency on sub-critical flaw propagation was determined. The worst-case
site scenario was then identified. A second global THA FE series (3) was conducted,
investigating multiple impingement/dislocation challenges, as well as parametric
investigation of fracture propagation dependency on global cup orientation. These
solutions were then passed to the second LEFM submodel series (4), where stress
intensity factors were calculated as a function of motion challenge and acetabular cup
position.

The LEFM global model (stages 1&3, Figure 55) consisted of the hip capsule, and
THA hardware (Figure 56). Data for implant hardware were imported from

manufacturer-provided IGES files, and pre-processed using TrueGrid. The femoral
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component (28 mm) was meshed with 15,856 8-noded hexahedral elements. The liner
was meshed with 7,200 8-noded hexahedral elements. The backing was comprised of
1,690 hexahedral elements, with global mesh densities for the femoral component and
liner determined from numerical convergence and sensitivity studies (Figures 39-40).
Implant positioning for the site-sensitivity analysis was held constant at 35° of tilt and
20° anteversion for the acetabular component, and at 10° of femoral anteversion for the
femoral component. For the bearing, the components were modeled as linearly elastic
third-generation alumina (E = 380 GPa, v = 0.23, p =3.98 gm/cm’), with radial clearance
of 0.034 mm and friction coefficient of 0.04. The femoral neck was modeled as linearly
elastic CoCr (E=210GPa, v=0.3, p=9.2gm/cm”). For computational economy, the metal

backing of the liner, as well as distal regions of the femoral stem were assumed rigid.
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Figure 56: THA impingement FE model. Kinematic challenges begin in full extension
(top), and progressed through hip flexion resulting in impingement (bottom), resulting in
stress concentrations at both the site of neck-liner contact, and at the posterior region.
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Developing the initial crack (sub-critical flaw) model posed several challenges.

The crack was modeled to extend from the crack tip to the inferior surface of the liner

(Figure 57).
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Figure 57: Cracked ceramic liner. (a) An affected sector of the liner. The crack tip (b) is
composed of special fracture elements, surrounded by refined rosettes facilitating

computation of stress intensity factors.
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Creating the crack began by first meshing a single sector of the ceramic liner with
20-node hexahedral elements. The crack tip consisted of 10 rows of 32 elements forming
the crack front (Figure 58). One edge of each of the 32 elements forming each row of the
crack was attached to a single line, in effect collapsing a single edge of each crack-
element, allowing crack-tip elements to take on the shape of a wedge. The crack front
was given an arbitrary form, with the crack-tip elements forming the shape of a cone,
with the crack faces approximately planar. Five rows of regular hexahedral elements
formed the rosettes from which J-integral calculations were performed during FE
analysis. The outer regions of these mesh blocks were then attached to curves and
surfaces from the original manufacture-provided IGES files. Additional regions of the
liner were meshed with 20-node brick elements, following the previously described
procedure of edge and surface projections. Sliding interfaces were defined for the entire
crack tip region (310 elements), as well as at the crack face (Figure 58). These sliding
interfaces prevented merger (i.e., computational equivalencing) of the nodes, retaining
the form of 20-node collapsed bricks at the crack front (instead of 15-node wedge
elements), while maintaining the crack. Alternative definitions of the sliding interface
would allow for the current through-crack to be modeled as a buried crack, or a crack
which does not go through the entire thickness of the liner. Additionally, the variables
used in the meshing of the crack are entirely parameterized, allowing for complete
analyst control and rapid-remeshing of several crack properties, such as crack shape (eg.
curved in lieu of planar), crack location (e.g., near the surface), crack face morphology
(notched instead of a hairline crack, etc.). Also, mesh densities and the number of highly-
refined rosettes could also be specified, allowing for sensitivity studies pertaining to the
affect of mesh structure on outcome metrics. The resulting mesh, consisting of entirely 20
node brick elements, was written to an output file. The TrueGrid output format is
structured as an Abaqus input file, reporting nodal coordinates, element connectivities,

node and element sets, and surface definitions.
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Crack Tip (310 Elements)

Crack Face

Crack Face

Figure 58: TrueGrid crack meshing scheme. (a) Physical mesh of a cracked sector of the
liner. (b) Corresponding computational-space mesh of the cracked sector. The crack tip is
composed of nodes from 310 elements. (c) Close-up view of the elements forming the
crack-front, and corresponding computational window of crack front (d). The nodes on
the crack face are constrained to be planar. The wedge-shaped elements seen in (c) were
actually collapsed 20-noded hexahedral elements. However, there exist 31 crack-tips,
instead of the desired single crack tip independent node set. Merging of these crack-tip
nodes occurs during mesh-postprocessing in Mathcad.

The resulting mesh needed modifications to allow for J-integral calculations. The
crack tip, as defined in the output file, consists of the nodes from 310 elements (10 rows

of 31 elements, Figure 58). Since sliding-interfaces were defined by preventing the
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merging of all nodes, this resulted in 930 nodes (310*3) defining the crack tip. In this
form, all nodes of the crack tip were allowed to move independently from each other.
Post-processing was required to effectively merge these 930 nodes into only 21
independent nodes. Additionally, the mid-side node on the element sides radiating away
from the crack tip needed to be moved to the quarter-point location, enabling singular
treatment of the stress field near the crack tip, appropriate for the linear-elastic treatment
of the brittle alumina components (Figure 59). These modifications, which allowed for
the /~/2r singularity to be considered, were conducted in Mathcad, using numerous node
and element sets defined in TrueGrid. Twelve such submodels (Figure 60) were
generated using the TrueGrid/Mathcad processing scheme, with the location of the crack

tip rotated in 30° increments circumferentially around the liner.
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Figure 59: Mesh post-processing. Left figure represents two elements from a single row
of elements on the crack front for the un-processed TrueGrid output. Each element
consists of 20 independent nodes, with the mid-side note located at the 50% station. The
two elements depicted contain 40 individual nodes. Right: after mesh post-processing in
Mathcad. The crack-tip has been merged, with a single set of 21 total nodes comprising
the entire crack tip. Thus, for the two elements seen in the figure, 32 nodes were present.
Also, the mid-side node has been moved to the quarter-point position.
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Figure 60: LEFM crack locations. Crack tip rotated circumferentially around the cup pole
in 30° increments to create the twelve submodels used in this investigation. The 0°
position was assumed to align with the egress-site stress concentration seen in Figure 56.

The global impingement model was solved using the explicit scheme to handle
the highly non-linear behavior of the hip capsule. The particular dislocation challenge
considered for the global model was a sit-to-stand maneuver from a low chair height. The
sit-to-stand kinematic challenge began in full extension, continuing (unless dislocation
occurred) to 105° of hip flexion, and then returned to full extension.

The twelve submodels (stage 2, Figure 55) were run using Abaqus’ submodeling
abstraction (as previously described), allowing for the nodal displacements reported in
the explicit global solution to drive candidate nodes as applied boundary conditions in the
static submodel solutions using Abaqus/Standard. Contour integral output was requested
for the 5-layers of rosette elements in the liner submodel mesh, specifying both J-integral

and K-factor output. Virtual crack extensions, required for J-contour integral calculations,
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were estimated by determining direction cosines for each node on the crack tip to the
adjacent node across the crack front. J-integral and K-factor (mixed mode K;, Ky and
Kin) output from each of the submodels were collected and post-processed in Mathcad.
The values of J-integral and K-factors were seen to be highest at the same
approximate location of the egress-site stress concentration (Figure 61). Peak values for

Ki-Ki were reported to be approximately 30 MPa*mm"?.
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Figure 61: Flaw propagation was predicted by assessing regions of the liner which had
the highest numerical values of J-integral (A), K; (B), Ky; (C) and Ky (D). Flaws
positioned at the egress region resulted in computed values of K; in excess of Kj.
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Following the determination of the worst-case initial flaw position, a second
global FE series (Stage 3, Figure 55) was conducted. For this analysis, 54 separate FE
models were generated to study effects of surgical cup positioning, by varying cup
inclination (15° to 65°, in 2.5° increments) and/or cup anteversion (10° retroversion to
40° anteversion, in 10° increments). In addition, seven distinct impingement-prone
challenge maneuvers were considered “°: sit-to-stand from a normal chair height (SSN),
sit-to-stand from a low chair (SSL), stooping, squatting, leaning shoe-tie, rolling over in
bed, and seated leg-crossing (SXLG).

Impingement -and egress-site stresses developed during this series, which
corresponded to the 6™ parameter in Figure 51, were stored for later usage, to drive the

quasi-static ceramic fracture submodel analyses (stage 4, Figure 55).

Results of Ceramic Liner LEFM FE Study

Predicted values of K were highly influenced by surgical cup orientation. For both
the sit-to-stand and stoop motion challenge, K; was monotonically correlated with
increased cup inclination (Figure 62). Except for the most extreme cup orientations
(where impingement either did not occur or was brief in duration), the Ky, (4 MPa m'?)
was not exceeded. However, stress intensity values developed during the stoop
impingement challenge were consistently higher than those for the sit-to-stand for all
orientations, with predicted values of K; exceeding K. for over half of the simulations
considered. In addition to increased cup tilt, increasing cup anteversion also caused
elevated values of K (Figure 63). There was no selectivity sensitivity over either cup
inclination or anteversion, i.e., a unit increase in liner inclination increased computed
values of K; similarly to a unit increase in anteversion.

Mixed-mode stress intensity factors for a neutral positioned cup varied
significantly between different motion challenges (Figure 64). The value of K; for three

of the kinematic challenges — stooping, squatting and shoe-tying — was shown to again
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exceed the Kjc. Trends for shear (Ky;) and tearing (Ky;) generally followed those for KI,

with the primary exception of the shoe-tie.
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Figure 62: Orientation dependency of K; on cup inclination angle for both sit-to-stand
from a normal chair height (SSN) and stooping for a neutral (10°) anteverted cup. The
Kjc (gray bar) was exceeded for malpositioned orientations for the SSN, and for several
orientations of the stoop motion sequence. Computed values of K; were monotonically
correlated to cup position for both kinematics (dashed lines).

Cup Anteversion (deg}

ane s s

N

Maximum K,
MPa m'?2

5.2

30

o@@@

Cup Inclination (deg)
40

60

Figure 63: Computed values (continuously interpolated from 30 discrete samplings) for a
stoop fracture challenge, demonstrating fracture sensitivity to both cup inclination and
anteversion.
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Figure 64: Mixed-mode stress intensity factors for seven impingement-prone motion
challenges. Three kinematic sequences demonstrated K; in excess of the Kjc, suggesting a
high probability of critical fracture. Values of mode-II (shear) and mode-III (tearing)
demonstrate similar trends to those for K.

Discussion of Ceramic Liner LEFM FE Study

While liner fracture is a well recognized issue surrounding the use of ceramic
THA bearing couples, the mechanism of ceramic fracture, or clinical associations of
causative factors, are still largely unknown. In contrast to femoral head fracture, where a
specific mechanism of fracture stimulated wide-reaching investigation, followed by
significant improvement in design, and consequently by substantially reduced fracture
rates, much is left to discern regarding liner fracture. The rationale for the present
investigation — which to the author’s knowledge represents the first formal LEFM
analysis of ceramic liner fracture — was to lay groundwork to understand which specific
factors (patient and surgical) influence fracture propensity during impingement-
subluxation. Parametric model variations addressed (1) to what extent ceramic liners
demonstrated sensitivity to component malpositioning and (2) which impingement-prone
maneuvers present the greatest fracture risk, other factors being equal.

Fracture risk during impingement-subluxation was found to be highly sensitive to
cup orientation. Higher implant inclination and higher anteversion angles gave rise to the

highest predicted values of K; similar dependency of implant angle and contact stress has
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also been reported '®. Interestingly, even for cup orientations where impingement did not
occur (e.g. 65° inclination — 10° anteversion), fracture risk was still significantly higher
than for orientations where impingement occurred at lower flexion angles (e.g. 30°
inclination, 10° anteversion). This suggests that, while impingement plays a clear role in

188-190, 194, 195 - : .
>0, impingement per se 18 not

fracture initiation/propagation for ceramic liners
the singular causative factor. Toward reducing the incidence of impingement-associated
liner chipping or fracture, many contemporary designs use a recessed ceramic liner, to
ensure that any neck impingement that might occur involves the backing rather than the
liner. The present data suggest, however, that this strategy may do little to avoid brittle
fractures originating at the opposite (egress) side of the cup.

Besides simply whether or not impingement occurs, the present results show that
the “quality” of impingement-subluxation also greatly influences ceramic failure
propensity. When observing the joint contact forces computed from an inverse dynamics

solution of a 47-muscle optimization model 6 (F igure 65), the three motion patterns with

the highest fracture risk also demonstrated the highest joint load.
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Figure 65: Computed reaction force (joint contact force) for the seven motion challenges.
The three highest-risk motions (shoe-tie, squat and stoop) demonstrated the highest joint
force.
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Stooping and leaning (as done when tying shoes) involves a large upper-body
offset from the hip joint center, leading to high joint reaction forces. These two motions,
along with squatting, also result in sustained peak joint loads experienced at high flexion
(i.e., when impingement is expected to occur), suggesting that the greatest risk of ceramic
fracture occurs when high joint contact forces occur under conditions of impingement.
Similar motions, especially squatting, have been clinically linked to liner failure ' %%,
While the effect(s) of loading variations on ceramic fracture have not been
experimentally investigated, Maher et al '*’ identified a cut-off joint load of 12kN as
being sufficient to cause liner fracture for simulated impingement impact conditions.
While not quite exceeding that threshold, the presently computed contact forces for the
three highest-risk maneuvers certainly approached that level. Owing to Newtonian force
equilibrium, situations of excess body weight could plausibly push joint contact forces
even higher, perhaps explaining the increased fracture rate in obese THA patients '*°.
Further investigation into the association of fracture risk with loading conditions certainly
deserve further attention.

Although the present LEFM computational formulation represents a substantial
step forward in quantitative analysis of fracture in ceramic hip bearings, this study has
several simplifications and limitations. First, while the spatial location of the initial
“flaw” in the subcritical fracture series was posited at various positions circumferentially
around the liner, the flaw in all instances was assumed to be located on the bearing
surface of the liner. Whether sub-surface flaws and/or deep flaws would exhibit similar
location-sensitivity circumferentially as do surface flaws is an open question. However,
high local stress concentrations at the bearing surface '® are associated with repetitive
microtrauma (i.e. microseparation) 1% so surface cracks are especially of interest.
Second, while seven distinct impingement-prone challenge maneuvers were investigated,

in the interest of computational economy, the vast majority of computational analysis

assessing the role of cup orientation on fracture focused on only two of these: sit-to-stand
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and stooping. The effect of cup orientation upon fracture propensity for other challenges
(such as seated leg-crossing) is also an open question, and an inviting topic for additional
investigation. Third, the particular shape of the crack used in this analysis undoubtedly
would have affected the K magnitudes computed. Analysis of crack propagation in FE
models, while well grounded theoretically and while being relatively straightforward to
implement in 2D, poses major challenges in 3D. Recent advances in computational
analysis (as described later) hold promise to further facilitate the investigation of ceramic
crack propagation in THA bearings. Finally, given the normally highly comminuted
nature of ceramic liner fracture, accurate post-facto identification of the initial fracture
location is probably impossible, and therefore direct clinical correlation with the fractures
modeled in the present study are not available. Clinical collaboration, ideally, would
strengthen the utility of the present study, but the fracture paradigm modeled here —
impingement leading to subluxation, edge loading and eventually to fracture at the liner
egress-site — has been proposed by multiple authors '**'* following examination of
explanted fractured ceramic liners. One very inviting topic for further study is to directly
replicate such cracks in a bench physical model, which would provide direct physical
corroboration not feasible post-facto clinically.

While fracture rates for ceramic components have dramatically improved, such
fractures as do occur are devastating to the patient. Ceramic failures always require
revision surgery, which is often complicated by the need to revise all components of the
primary construct. When revision is delayed, or if debridement of fragment particulates
is incomplete, severe third body wear and/or destruction to bone and surrounding soft
tissue often occurs, leading to early failure of the revision "> '*% " 1° " The work
reported here introduces a novel computational framework within which systematic
analysis of ceramic liner fracture can be conducted. Specifically, egress site (edge or
near-edge) loading arising from neck-on-cup impingement was identified as leading to

elevated fracture propensity, a mechanism which is well-corroborated clinically '*'%°,
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The flexibility of the current formulation allows for other potential fracture mechanisms
to be similarly systematically explored. Fracture risk was found to be highly site-
specific, highly sensitive to component positioning, and highly sensitive to specific

challenge maneuvers.

Advanced FE Modeling of Ceramic Liner Fracture 2%

Currently, one in every seven hip replacements in the US is a ceramic-on-ceramic
bearing *°. Owing to continued efforts to reduce the incidence of wear-associated
osteolysis, and to numerous recent reports of unacceptably high failure rates for some
metal-on-metal devices, ceramics are expected to gain an even larger THA bearing
market share *°. However, as evidenced by very recent reports of ceramic liner fractures
201.202 " catastrophic failure of ceramic liners will remain a major concern with this bearing
couple in the foreseeable future. Therefore, the ability to quantitatively analyze fracture
risk, as well as the capability to investigate patient-, implant- and surgical-specific factors
which may mitigate fracture risk, is a priority objective. Our initial efforts at fracture
modeling of THA liners used a classic LEFM FE modeling approach (as previously
described). However, the utility of this approach was restricted by several modeling
limitations. First, a crack location (initialization) had to be assumed a priori, and it
required significant effort to generate the 3D mesh and assign specialized fracture
element properties. Second, fracture propagation required prohibitively laborious
remeshing routines, and therefore was not attempted in the initial fracture FE study.
However, recent FE model capability advancements, specifically eXtended Finite
Element Modeling (XFEM) hold attraction for rapid parametric analysis of design and
surgical influence over fracture initiation and propagation in THA ceramic liners. As a
proof-of-concept, an XFEM fracture model was developed to parametrically investigate

the effect of acetabular cup edge profile geometry and patient body weight on fracture

risk.
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Introduction to the eXtended Finite Element Method

XFEM, also known as the partition of unity method, is a numerical technique
using “enrichment” of model geometry to allow for solution of differential equations in

regions with discontinuous functions.

Single element Two elements Single enriched
(no crack) (crack) element (crack)
Continuous function Discontinuous function along Discontinuous function along

element boundaries (crack) |solution-dependent boundary (crack)
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Figure 66: XFEM theory. In standard FE modeling, the displacement field is a continuous
function across the element (A). To model a discontinuity across the element, the model
mesh must be structured such that the discontinuity lies across the element boundaries
(B). However, XFEM allows for mesh-independent modeling of discontinuities (C) by
incorporating enrichment features to the standard displacement approximation. The
element enrichment incorporates discontinuities (D) which cut across the entire element,
as well as the crack-tip asymptotic fields (see Figure 51). u; is the usual nodal
displacement vector, Nj(x,y) are the usual nodal shape functions, a; and b; are enriched
degree-of-freedom vectors, H(x,y) is the Heaviside step function, and F,(x,y) are crack
tip functions.

The XFEM method was initially developed in 1999 to alleviate shortcomings

associated with conventional treatment of solution discontinuities, such as material cracks
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29 Tn XFEM, standard displacement fields are enriched near a crack tip by including
both discontinuous fields and crack-tip asymptotic fields (Figure 66). The greatest
advantage to XFEM is the ability to model fracture initiation, and fracture propagation,

without requiring model remeshing.

Ceramic Liner XFEM Study Methods

The XFEM study used similar methodology to the LEFM study (Figure 55), i.e.,
global solutions from an explicit analysis of THA impingement/subluxation were passed
as boundary conditions for an implicit submodel. However, whereas the LEFM study
involved extensive meshing considerations for the initial fracture location, the XFEM
model was simply partitioned into two distinct enriched regions. For each enriched
region, exactly one crack is allowed to initiate and propagate within the enriched zone.
One enrichment region corresponds to the region of the cup associated with head
subluxation and edge-loading stress concentrations, while the second is associated with

neck-on-cup impingement (Figure 67).

rigid backing —————

impingement zone

egress zone

Figure 67: For each enriched region in an XFEM analysis, only a single crack is allowed
to initiate and propagate. To model cracks associated with THA impingement, two such
enrichment zones are required: One for the region associated with head egress, and the
second corresponding to the region of potential neck-on-cup impingement.
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For purposes of proof-of-concept establishment, two separate XFEM series were
undertaken. The first assessed the effect of cup edge geometry on fracture propensity
during chair rising, for 28mm bearings. Four distinct cups with varying cup edge fillet
radii (0, 1, 2 and 4mm) were investigated (Figure 68). All cups were positioned in 40° of

inclination and 10° of anteversion

Figure 68: The influence of cup edge design on fracture risk was investigated by
considering four distinct values of cup edge fillet radius.

The second XFEM series was performed to investigate fracture initiation and
propagation in 36mm CoC bearings, for two additional fracture-prone challenges
(squatting and stooping) for 25 variations in cup orientation (45° £+ 15° inclination, 15° +
15° anteversion). Since obesity has been identified as a risk factor for liner fracture ',
two distinct BMIs were considered: normal (25) and morbidly obese (50).

Since microscopic imperfections (which are ubiquitous in sintered ceramic
materials) decrease the tensile stresses necessary for fracture, material properties of

alumina were varied to simulate conditions of being both with and without micro-
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imperfections, for both XFEM series. Alumina without imperfections was modeled as
having a damage initiation criterion (flexural strength) of 500 MPa (maximum principal
stress), while the flexural strength of alumina with micro-imperfections was assumed to
be 150 MPa **. For both analyses, alumina was modeled as linearly elastic (E = 380
GPa, v = 0.23), with a strain energy release rate (defined as the change in potential

energy with crack area) of 42 J/m’.

Ceramic Liner XFEM Study Results

For the 28mm CoC bearings, fracture preferentially occurred at the head egress

region (Figure 69).

PHILS

A‘A
Now 2
[EF ")

win~®

aaibiowat

:n;.n
Do
hoon™®

Figure 69: Contour plot of signed distance magnitude (PHILSM) following fracture of
the 28 mm ceramic liner. Impingement during the sit-to-stand simulation led to egress-
site stresses exceeding the fracture initiation criterion, resulting in fracture initiation at
the cup edge (r = 0 mm). During subsequent steps, stresses exceeding the mixed-mode
energy release rate resulted in fracture propagation.
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For this series, the only fractures that initiated were at the egress site, and for the
Omm-lipped cup (Table 2). No fractures occurred at the impingement site for this series.
When the fracture initiation criterion was reduced to reflect micro-flaw presence,

considerably more fractures were encountered (Table 3).

Table 2. Cup radius XFEM series fracture
initiation (micro-flaw-free material properties)

Radius Egsrif[:ess- Impingement-site
(mm) fracture fracture
0 yes no
1 no no
2 no no
4 no no

Table 3. Cup radius XFEM series fracture
initiation (micro-flaw-present properties)

Radius Egr.ess- Impingement-site
(mm) site fracture
fracture
0 yes no
1 yes yes
2 yes yes
4 no no

For the 36mm XFEM series, fracture initiation and propagation occurred
following impingement during the stooping and squatting fracture challenges (Figure 70).
In the normal-BMI simulations, 17 of the 50 alumina bearings with micro-imperfections
experienced fracture. Spatially, cracks occurred at a location intermediate (Figure 71)
between the liner edge and pole, at the inner edge, at the outer edge, and at the
impingement site, in 41%, 41%, 18% and 6% of these fracture instances, respectively. No

fractures occurred in the absence of alumina imperfections. In the high-BMI group,
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fracture occurred in 39 of the 50 simulations with micro-imperfections, with fracture
initiating in nearly 87% of these instances at an intermediate location, and only 13% at
the cup edge. Fracture occurred in three simulations without imperfections, with cracks
initiating at the cup edge in all three, and all of which were cups positioned in 0° of

anteversion.

Figure 70: Deep flexion during squatting led to near-edge loading and development of
high stress at an intermediate location between the cup edge and cup pole. These stresses
were passed to the XFEM submodel, which allowed for both fracture initiation and crack

propagation to occur.

Impingement
site

Outer edge

Intermediate

Inner edge

Figure 71: Fracture in the 36mm cup occurred primarily at one (or more) specific sites.
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Discussion of Ceramic Liner XFEM Study

Although recent advances in material science and quality control have
significantly improved long-term survival of ceramic bearings, fractures remain a clinical
concern. Catastrophic failure of a ceramic hip has devastating consequences for the
patient, substantially worse than other modes of THA implant failure. While fracture
rates of ceramic heads have been reduced to 1/25,000 hips, rates for fracture of alumina
liners are several orders of magnitude higher. Ceramic liners, unlike ceramic femoral
heads, have no well-recognized fracture mechanism or causative factor. Therefore,
mitigation of fracture risk requires greater scrutiny of specific factors, whether design,
patient or surgical, which influence fracture propensity during impingement. The
rationale for the present work was to identify a computational platform conducive to
rapid parametric investigation of these factors. This work, to the author’s knowledge, is
the first application of extended finite element analysis to the field of joint arthroplasty
research. Furthermore, to date, there is not a single peer-reviewed publication utilizing
XFEM for any orthopaedic application. In fact, a current PubMed search on “XFEM” or
“extended finite element” returns only five hits. Given the ease of use with XFEM
compared to traditional LEFM fracture analyses, and the relatively high fracture burden
in orthopaedics (bone, implants, bone-implant interface, etc.), in all likelihood, use of
XFEM for orthopaedic applications will greatly expand in the foreseeable future.

Surgical cup orientation was found to influence fracture initiation, with greater
fracture risk seen for cups positioned at higher inclination and at extremes of cup
anteversion. Similar trends with elevated cup orientations have been reported clinically

205 While “optimal” cup orientations have been identified as

for wear of ceramic couples
regards impingement avoidance, contact stresses sufficient to challenge implant failure
strengths can occur even in the absence of component impingement ', Additionally,

with current clinical practice trending toward larger head sizes so as to reduce dislocation

risk, added safeguards against fracture, beyond simple impingement avoidance, need to
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be identified. In every analysis reported here, stress at the egress site exceeded that
experienced at the impingement site, owing to the occurrence of edge-loading between
the head and cup lip. As the radial diameter of the cup contact surface increased, contact
area, and therefore contact force during this engagement decreased. Therefore, the
reduction in fracture incidence when larger cup lip fillet radii are used is not surprising.
However, as the cup lip becomes more rounded, joint stability decreases, since the

displacement required for the head to dislocate (the “jump distance”) is reduced.
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CHAPTER 4: FAILURE OF METAL-ON-METAL BEARINGS

Today, as never before, the power of advertising, rather than a scientific report,
may cause a surgeon to select one prosthesis in favor of another. The insidious
nature of marketing methods and overcommercialization is obvious ...
orthopaedic surgeons have thereby become consumers, and selection of prosthesis
systems must be made with an awareness of the choices and compromises.

John N. Insall, 1988 Presidential Address to the Knee Society

The orthopaedic industry is big. A recent report *°° projected that the global
orthopaedic implant market will grow to $41.8 billion by 2016, with an annual growth
rate of nearly 8% for the arthroplasty device industry. With this rapid growth, continued
emergence of new or modified implants can be expected, especially those employing
“new”, “alternative”, or “improved” technologies, materials, and/or designs. Experience
has amply taught that potentially adverse phenomena in “new” THA designs merit
proactive scrutiny; therefore ongoing advancements in hip implant design must be
equally met with ongoing biomechanical surveillance. This charge is perhaps best
exemplified with the recent renewed interest in metal-on-metal bearings for THA, which
recently (2009) accounted for 35% of the THAs implanted annually in the US .

From an engineering standpoint, MoM bearings offer several advantages over
conventional implants, including a reduction in bearing surface wear and improved joint
stability, both such benefits ensuing from the larger head diameters enabled. These assets
are reflected in the impressive intermediate-term clinical results of current-generation

3 . . . .
207298 However, there is rapidly mounting concern over wear-associated

MoM bearings
adverse soft tissue reactions following some MoM hip replacements. These reactions,
variably referred to as metallosis 2%, aseptic lymphocytic vasculitis-associated lesions
(ALVAL *'%), pseudotumors *'' and adverse reaction to metal debris (ARMD 12y have
been implicated in unacceptably high short-term failure rates for some MoM devices *'*

218 The exact mechanism(s) for failure of these devices are incompletely understood.
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217,218 219,220

Implant orientation , cup geometry and head size *'* have all been suggested
as contributing factors. Therefore, multiple large FE investigations were undertaken to

identify potential sources and/or contributing factors for failure in MoM THA.

Role of Acetabular Geometry in Edge-Loading 220

Introduction in Edge Loading

Of particular concern in hard bearings is the occurrence of edge loading, where
near line-contact between the femoral component head and the acetabular cup lip results
in a very narrow crescent-shaped region of contact, and therefore highly concentrated
stress. This deleterious engagement situation interferes with the precise articulation
conditions necessary for fluid-film lubrication of hard bearings 21 resulting in increased
friction and accelerated wear ***. Cup orientation is perhaps the most commonly cited

212,217-219, 223,224

surgical factor influencing edge loading in hard bearings . The influences

212,224,225

of femoral head size and soft tissue laxity in predisposing to “micro-separation”

226228 are also recognized. Recently, however, the role of cup design — specifically, the

. 219, 229
role of head coverage (the cup’s “articular arc”) =~

and of geometry of the cup edge
3% _has drawn increased attention for edge loading conditions. To systematically explore
those relationships, a study was designed to test the hypothesis that there is a trade-off, in
terms of increased head coverage versus more abrupt curvature sharpness of the cup

edge, influencing the adverse mechanical stress concentrations developed during a

subluxation event.

Methodology of Edge Loading FE Model

FE analysis was used to parametrically assess the independent influences of cup
edge radius and of cup inclination and anteversion as factors influencing edge-loading

during subluxation. Dependent variables of primary interest were the range of motion, the
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resistance to dislocation, contact stress on the cup lip, and propensity for debris
generation due to scraping. The FE model consisted of the hip capsule and a widely used
contemporary implant (Summit stem, 36mm M-spec head, 36mmx56mm Pinnacle cup,
DePuy Orthopaedics, Warsaw, IN). Manufacturer-provided surface geometry CAD files
were pre-processed using TrueGrid. The cup lip radius for the manufacturer’s CAD file
was 3.8 mm, and the articular arc of coverage was approximately 161° (Figure 72). For
systematic investigation, the inner surfaces of the manufacturer-provided CAD surfaces
were re-parameterized as simple axisymmetric curves, which could then be modified to
allow for any desired lip radius (and obligate arc of coverage) to be substituted. Seven
cup profiles were considered, corresponding to cup lip radii of 0, 1, 2, 3, 4, 5, or 6mm
(Figure 72). Appropriate mesh zoning densities were determined from mesh sensitivity
convergence trials. Mesh zoning of the liner was structured to concentrate high
refinement near the edge of the cup (Figure 73), in the interest of computational

economy.
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Figure 72: The articular coverage arc (o) of the liner is a function of the cup lip radius
(r). Increasing the cup lip radius decreased articular coverage. The articular arcs
corresponding to the seven cup lip radii considered were as tabulated.
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Because the focus of interest was upon contact stress concentrations near the cup
edge during subluxation, a key metric for model validation was the ability to approximate
severe stress concentrations for a geometrically similar situation where gold-standard
data were available. A Hertzian analytical solution for general elliptical contact (Figure
73) ', for which sphere-on-torus (head-on-radiused rim lip) contact represents a special
case, provides that standard. Good agreement was achieved for all six variants of non-

zero cup edge radius (Figure 74), with a mean relative error of 8.8%.

Figure 73: Contact pressures (CPRESS, MPa) are shown for the six non-zero cup radii
used in the validation series. Contact simulations were highly sensitive to mesh resolution
near the engagement site. Therefore, mesh zoning resolution, which was determined from
mesh sensitivity convergence studies, was approximately equal for the entire contact
region (shown here as the outlined elements near the edge of the cup).
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Figure 74: Validation of the FE simulations was conducted by comparing the computed
contact pressures for edge-loading with corresponding Hertzian exact solutions for
Hertzian elliptical (sphere-on-torus) contact. The specific cases used were a cup in 40° of
inclination and 10° of anteversion (background image), at six values of cup lip radius.
(The condition of 0 mm cup lip radius did not meet the predicate analytical solution
conditions for elliptical contact.) The mean error in peak stress was 8.8%.

Cup inclination (abduction) effects were investigated by considering eleven
distinct orientations, with tilt (radiographic definition '**) varying between 20° to 70°, in
5° increments. For these eleven inclination variants, the cup was held in a constant 10° of
anteversion. Similarly, cup version was also investigated by generating ten additional
orientations, with (radiographic) cup version between -6.5° and 25°, in 3.15° increments,
at a constant 40° of inclination. For all FE simulations, the femoral stem was oriented in
10° of anteversion. The MoM bearing components were modeled as linearly elastic
CoCr.

The edge loading challenge investigated was a trunk leaning maneuver, such as

when tying shoes ®’.The motion and loading inputs were determined from kinematic and
ying g 1mp
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inverse dynamic data from human-subject optoelectronic motion capture™®, and were
applied as boundary conditions to the center of the femoral head. The simulation began
with the hip in full extension, and progressed (unless dislocation occurred) to
approximately 103° of flexion, 22° of adduction and 7° of internal rotation.

The femoral head displacement and rotation and the moment resisting dislocation
were tracked throughout the entire motion sequence. To avoid disparate situations with
very different component appositions due to full or nearly-full dislocation, all
comparisons were limited to poses having 2.0 mm or less of femoral head subluxation.
Work done to displace the femoral head *' was utilized as a comparative metric of
resistance to dislocation. Additionally, the (von Mises) contact stress, contact pressure,
and local relative slippages of head vs. cup nodes were registered. Estimates for scraping
wear ' were also computed, using an Archard-Lancaster approach '’

A total of 147 separate cases were run, using Abaqus/Explicit 6.9.3. Each

individual simulation required approximately 30 processor-hours of computer time.

Results of Edge Loading FE Model

The angular range-of-motion (ROM) showed strong dependencies upon both cup
orientation and lip geometry (Figures 75-76). For any given lip radius, as cup inclination
increased, the ROM increased (Figure 75). This effect was most pronounced at larger lip
radii. At 6 mm of lip radius, each 5° increase in inclination resulted in approximately 1°
of increased ROM; for 0 mm lip radius, each 5° inclination increase resulted in only
0.03° of ROM improvement. Similarly, for any given cup orientation, as lip radius
increased, ROM decreased. Decreases of 1.65° and 0.02° per mm increase in lip radius
were observed for cups with 20° and 70° of inclination, respectively. Similar
relationships were observed between anteversion, lip radius and ROM (Figure 76).
However, ROM reductions from increased cup lip radius became negligible for cups

positioned in at least 10° of anteversion.
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Figure 75: Subluxation-free range of motion (ROM) for 77 separate permutations of cup
lip radius and cup inclination. In general, ROM was reduced for increased values of cup
lip radius and decreased cup inclination. The reduction effect on ROM due to cup lip
profile design was most pronounced for the more horizontally oriented cups, where a 10°
decrease in ROM was demonstrated for cups positioned in 30° or less of inclination.
Contact pressure (MPa) contours for the 5-mm lip radius cases are shown in the lower
insets.
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Figure 76: Subluxation-free range of motion (ROM) for 77 permutations of cup lip radius
and cup anteversion. Similar to the inclination series (Figure 75), ROM was decreased for
both increased values of cup lip radius and decreased cup anteversion. However, ROM at
higher anteversion angles was less sensitive to cup lip radius. Contact pressure (MPa)
contours for the 5-mm lip radius cases are shown in the lower insets

Head displacement work similarly depended upon cup design and orientation
(Figures 77-78). In general, displacement work increased for increased cup inclination,
for increased cup anteversion, and for decreased lip radius. For cups at 20° of inclination
(Figure 77), each 1 mm of incremental increase in lip radius resulted in 0.30 J decrease of
displacement work. This stability reduction diminished as tilt increased: cups at 40°, 50°,

60° and 70° demonstrated per-mm displacement work decreases of 0.23 J,0.17J,0.13 J
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and 0.08 J, respectively. This effect was similar for cups at varying degrees of
anteversion (Figure 78), with per-mm decreases of 0.38 J, 0.28 J, and 0.05 J for cups in -
3°,3° and 9° of anteversion. However, there was only minimal dependency of

displacement work on lip radius for cups anteverted to 9° or more.
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Figure 77: Dislocation resistance work for 77 separate permutations of cup lip radius and
cup inclination. Resistance energy was greatest for cups with the smallest lip radius at
higher cup orientations. The effect of cup lip radius was most pronounced at more
horizontal orientations, where increasing the cup edge radius from Omm (3.3J) to 6mm
(1.47) for a cup in 20° of inclination resulted in a 60% reduction in dislocation resistance
energy
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Figure 78: Dislocation resistance work for 77 separate permutations of cup lip radii and
cup anteversion. In general, dislocation resistance increased for decreased values of cup
lip radius and increased cup anteversion. However, cup edge design demonstrated little
effect for cups anteverted at least 15°.

More than half the permutations of cup orientation and lip radius (Figure 79) had
peak von Mises stresses that exceeded the yield strength of wrought CoCr alloy **'. A
few situations of cup version also exceeded the material yield strength, but this happened

only for cups positioned in less than 12° of anteversion (Figure 80).
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Figure 79: Computed peak values of surface (contact) von Mises stress versus cup lip
radius for the eleven cup inclinations. For the higher cup inclinations (60°, 65° and 70°),
polynomial regression trends (broken lines) demonstrate a distinct intermediate cup
radius (~1.7 — 2.6 mm) for which peak contact pressure is predicted to be minimal. By
contrast, trends for lower cup inclinations (20°-40°) all demonstrated a distinct radius for
which peak contact stress is maximized. Intermediate cup inclinations (45°, 50° and 55°)
demonstrated lip radii having both local minima and maxima of peak contact stress.
Many of the permutations of cup lip radius and cup inclination demonstrated surface
stresses in excess of the yield strength of wrought Co-Cr alloy (827 MPa, horizontal solid
line), indicating a likelihood of permanent material deformation at the cup edge.

Computed scraping wear (Figure 81), when polynomial-regressed, tended to
demonstrate similar dependency upon lip radius and cup inclination as was observed for
peak stresses, with (worst-case) local maxima identifiable for each inclination
investigated. The geometry and magnitude of computed scraping wear was consistent
with head damage patterns seen in posteriorly dislocated femoral head retrievals (Figure

82).
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Figure 80: Peak surface von Mises stress versus cup version, for the seven cup lip radii.
Variations in surface stress were greatest for lower values of cup anteversion, but
demonstrated minimal variation for cups in 9° or more of anteversion. Many
permutations of cup lip radius and cup orientation demonstrated surface stresses in excess
of the yield strength of wrought Co-Cr alloy (horizontal solid line), indicating high
likelihood of permanent deformation at the cup edge.
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Figure 81: Computed values of volumetric scraping wear versus cup chamfer radius for
various cup inclinations at 6° of anteversion. Scraping wear tended to decrease with
increasing lip radius, especially for radii above 2mm, but there were several instances of
heightened scraping for conditions of low inclination and small lip radius.
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Figure 82: Scraping wear scar computed on the femoral head for a 40° inclined, 6°
anteverted cup with a 3 mm radius. A similar damage feature is apparent on a femoral
component head (similar trunnion taper axis orientation) from an implant that was revised
at 2 months due to dislocation.

Discussion of Cup Design and Edge Loading Series

The precisely engineered elastohydrodynamic lubrication conditions in hard
bearings afford excellent wear properties during normal conformative articulation, but
these conditions no longer exist during edge loading. Rather, for edge loading situations,
there is greatly accelerated bearing surface wear, and possible scraping wear from head
engagement with the cup lip. The effect of cup orientation on bearing surface wear of
hard bearings has been extensively investigated. Although most clinical retrieval and
simulator studies have identified increased bearing surface wear for high inclination *'”

224,232 i . . .
219:233 " some have not ****%. Similarly, controversy exists regarding acetabular

212,224
d 5

. . . 222 .
anteversion effects, with both increase and decreased ““ wear having been

measured. This inconsistency may be due in part the substantial differences of articular
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arcs among cup designs: 151.8° - 165.8° in one recent retrieval series **°. (Interestingly,
at 151.8°, the implant in that particular series (ASR, DePuy, Warsaw, IN) had even less
coverage than the lowest-covering implant in the present study (153.5°, Figure 72)).
Additionally, predilection to different challenge activities by individual patients might
also explain some of the high variability in orientation-vs.-wear relationships.

Edge loading is associated with soft tissue laxity and with ensuing micro-

separation during gait *2°**

. For gait-associated micro-separation, the most severe
stresses occur near the superiolateral rim of the cup ***, an effect that tends to be
worsened by increased cup inclination *°. By distinction, this study addressed the more
severe (albeit less frequently occurring) posterior lip edge loading arising from high hip

. 202,233
flexion ===

associated with leaning-type maneuvers. Leaning can progress to frank
posterior dislocation for certain combinations of cup design and orientation even without
impingement, whether of neck-on-liner/shell or of bone-on-bone '

Corroborated by Hertzian contact analysis >** it is intuitive that a reduction in
contact stress with increased lip radius would occur for micro-separation loading

conditions 22523

. However, these data suggest that micro-separation perhaps should not
be viewed as an entirely “independent” variable for hard-on-hard wear simulations.
Rather, design-dependent differences in cup lip geometry unavoidably influence
subluxation dynamics, and therefore micro-separation severity, at the whole-construct
level.

Computed contact stresses and edge scraping wear demonstrated complex
relationships with lip geometry and cup orientation (Figures 79-81). Four separate factors
interacted to influence the lip stress concentrations: (1) the subluxation resistance
afforded by cup orientation; (2) the subluxation resistance afforded by lip geometry; (3)
the onset of edge loading, influenced in turn by cup orientation and geometry, and (4)

nominal head-cup engagement due to the articulation arc span. For any given cup lip

radius, increasing inclination (Figure 77) and increasing anteversion (Figure 78)



127

increased the work required to subluxate the head. Conversely, for any given cup
orientation, increased lip radius involved decreased subluxation work. Consider for
example a cup with 35° inclination (Figure 79): At a lip radius of 0 mm, edge loading
was minimal due to maximal cup coverage of the head (i.e., no subluxation, Figure 75).
As the lip radius was increased to 3 mm, the articular arc necessarily decreased, and
contact stress was necessarily elevated due to the associated subluxation and edge
loading. For lip radii greater than 3 mm, however, although edge contact occurred earlier,
edge loading intensity was reduced due to the lower subluxation resistance, and therefore
contact stress was reduced. This same relationship held true for scraping wear (Figure
81).

For all but the lowest values of lip radius, the best-case cup orientation fell
outside the accepted “safe zone” for dislocation avoidance * (Figure 83). That is to say,
avoidance of dislocation and avoidance of near-edge stress concentration are divergent
goals. Larger lip radii tended to avoid high edge-loading stresses, but their reduced
articular coverage is detrimental to stability. Similar observations have been recently

212,219,229

made regarding MoM resurfacing prostheses , where “cover appeared to be the

most important factor explaining wear” *'”,

This study is subject to a number of limitations. First, only a single challenge
maneuver was considered. There potentially are an indeterminate number of patient-
specific challenge maneuvers, and data presently are lacking as to how many and what
type of such events occur. However, the particular challenge here considered was useful
in isolating the effect of cup design and orientation on near-edge loading. Second, while
the present study investigated a total of 147 distinct variants of cup design and
orientation, only a single-sized (36mm) implant was considered. Since the increased
jumping distance afforded by large heads *** helps protect against dislocation **°, it would

be expected that larger heads would influence the tendency for scraping wear. The effect

of head size on posterior edge-loading wear is an inviting subject for future studies.
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In conclusion, these data demonstrate complex relationships between cup lip
geometry, cup orientation and edge loading-associated scraping wear. Under subluxation
conditions, more radiused cup edges can unintentionally lead to elevated contact
pressures, higher risk of material yield, and/or more severe scraping wear. And,
importantly, even small changes in bearing surface design can dramatically influence

these THA performance parameters.
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Figure 83: As a function of lip radius, values for inclination angle (left axis, circle
symbols) and anteversion (right axis, square symbols) having the minimal peak surface
stress. For cups with a lip radius greater than 1 mm, these “best-case” cup orientations lie
outside the generally accepted “safe zone” for THA implantation. Therefore, it is
suggested that the best possible cup edge design as regards wear minimization and
implant stability is one with an edge radius as small as possible.
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Trunnionosis Wear from Large Modular Heads

Introduction to Large Heads and Trunnionosis

Recently, there has been attention focused on increased failure rates associated
with the large-diameter femoral heads commonly used in MoM THA #!% 213213, 216.237
There is increasing evidence that tissue reaction to wear at head/neck interface
(“trunnionosis”, Figure 84), as opposed reaction to wear at the bearing surface, may play
a significant role in failure of large-diameter MoM THAs *'**'®#*¥ Trunnion wear
increase for larger diameter heads plausibly might arise due to micromotion

accompanying increased offset between the head center and the trunnion interface center

of pressure (Figure 85).

Figure 84: Intraoperative image of an MoM implant trunnion during revision THA, from
a patient with pain and elevated metallic ions three years post-operatively. Visually
extensive corrosion (white arrow) was identified along the distal aspect of the trunnion.
Gross macroscopic wear was identified on the trunnion surface, especially at the leading
and trailing edges (blue arrows). Histology confirmed tissue reaction to metal debris.
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Femoral head size is a critical consideration for MoM bearings. Tribologic theory
dictates improved fluid film lubrication — and therefore reduced bearing surface wear —
for increased head sizes **°, a relationship that has been well confirmed by wear simulator
testing >*. Impingement avoidance, facilitated by the increased range of motion
accompanying increased head diameter, is even more critical for MoM bearings than for
] 165,241

conventional implants, due to impingement-associated accelerated wear potentia

However, especially for large head diameters, the exact relationship between head size

1 161, 242-244 1 161,245

and joint stability remains unclear. Despite various clinica , experimenta

and computational 2** ¥/

reports, there is no clear agreement as to whether there exists a
practical limit as regards to improved stability with head size. Putative femoral diameter
cutoffs have been identified at 28mm '*', 32mm ' and 38mm **° beyond which
increased head diameter no longer improves stability. Additionally, there is conflicting
evidence whether the stability afforded by the use of large heads is '’* or is not ***
maintained when there is cup malpositioning. An important limitation to several of these
studies of instability has been the use of simplified joint motions or limited ranges of cup
orientations.

In consideration of recent observations related to trunnionosis-associated wear
from large-diameter THAs, we sought to determine if there was a point beyond which
additional gains in stability might begin to be out-weighed by increases in trunnion wear
propensity. Using an advanced computational model, we addressed the extent to which
large femoral head size influences stability in THA for realistic dislocation-prone

motions and (2) the relationships existing between trunnion wear propensity versus head

size, cup orientation , hip joint motion, and assembly/impaction load.

Methods for FE Model of Trunnionosis

The FE model consisted of bony anatomy (National Library of Medicine Visible

Male Project), the hip capsule, and THA hardware (Figure 85). Manufacturer-provided
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engineering CAD files of a widely used contemporary THA implant (Summit stem,
36mm M-spec head, 36mm x 56mm Pinnacle cup, DePuy Orthopaedics, Warsaw, IN)
were pre-processed using TrueGrid and Mathcad software. Seven distinct femoral head
diameters were generated, by projecting the outer surface of the femoral head mesh onto
scaled surfaces. The surface geometry of the femoral head bore and its surrounding
elements remained identical for each head diameter. The femoral neck, head, and cup
liner were modeled as linearly elastic CoCr. Friction coefficients applied to the bearing
and trunnion interfaces were 0.1 '"° and 0.15 **°, respectively. In the interest of
computational economy, the bony anatomy, shell liner, distal neck and femoral stem were

modeled with rigid shell elements.

head center 4
of rotation

trunnion
center of L_
pressure

Figure 85: The FE model consisted of THA hardware, bony anatomy (A) and the hip
capsule (B). When appropriately seated on the tapered trunnion of the neck, a moment
arm exists between the center of rotation of the head and the center of pressure on the
trunnion (C). Femoral head diameters used in this study included 32mm (A), 36mm (B),
40mm (C), 44mm (D), 48mm (E), 52mm (F) and 56mm (G). The trunnion/bore geometry
was identical for all neck/head assemblies.
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The femoral head was assembled (“taper-locked’) onto the trunnion of the neck
by applying an impaction load having an impulse duration of 20 ms. Impaction loads
considered ranged from 1 to 17 kN, applied to the reference node of the head in the
direction of the neck axis (Figure 86). Appropriate mesh densities for the trunnion and
head bore were determined from a convergence study (Figure 87), where a final mesh
density of 10 elements/mm’ at the interface was determined to provide compromise

between solution precision and computational economy.

Contac >
Stress
(MPa)

Figure 86: Impaction seating of the trunnion/head interface was performed by simulating
a single impulsive (20 ms) load to the femoral head, in a direction parallel to the axis of
the trunnion (A), resulting in initial contact between the trunnion and head bore (B). The
head was firmly seated at the end of the impaction impulse (C). Loads of 5 kN (baseline),
1 kN and 17 kN were considered *% ",
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Figure 87: Convergence study for trunnion mesh FE study. A contact analysis
convergence study was used to determine the appropriate mesh density used for the
trunnion/bore assembly. Peak values of contact stress at the interface were recorded
during the head seating analysis step. A nominal mesh density of 10 elements/mm’ was

deemed to provide suitably accurate solutions, consistent with reasonable computational

economy.

25

133

(1H) awiy uni jeuoneindwo)

Head diameter effects on stability were addressed by considering 36 separate cup

orientations: six values of acetabular abduction (anatomic definition ') (25° - 75°, in

10° increments) and six values of acetabular anteversion (0° to 50°, in 10° increments).

Five distinct dislocation-prone challenges *® were used as kinematic and kinetic inputs for

the simulations. This involved four separate posterior-dislocation-prone challenges

(stooping, squatting, sit-to-stand from a low chair, and sit-to-stand from a normal height)

and one anterior-dislocation-prone maneuver (lateral foot pivoting). This ratio of

posterior:anterior dislocation challenges is similar to the posterior:anterior incidence
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observed clinically ***. Five distinct values of femoral head size were used in this part of
the study: 32mm, 36mm, 40mm, 44mm and 48mm, resulting in a total of 900 distinct FE
instability simulations. In all instances, femoral component anteversion was held constant
at 10°. The kinematic and loading inputs were applied to a rigid body reference node
located at the center of the femoral head. Frictional interaction held the cup liner within
the acetabular cup backing, which in turn was rigidly fixed to the bony bed. Because the
primary objective of these first 900 simulations was to investigate joint stability rather
than trunnion wear, the entire femoral neck was assumed to be a rigid monobloc in order
to economize computer run time. For each simulation, femoral head subluxation was
tracked through the entire input sequence, as an index of stability.

A second series of 65 FE simulations was undertaken to address the potential for
wear debris generation at the trunnion/bore interface. For this series, three cup
orientations (radiographic definition) were considered, including horizontally- (25°
abduction, 0° anteversion), neutrally- (40° abduction, 15° anteversion) and vertically-
(55° abduction, 30° anteversion) positioned cups. Seven distinct femoral head diameters
were investigated: from 32mm to 56mm, in 4mm increments. To investigate the effect of
activity maneuver on trunnion wear potential, three distinct patient motions were
considered: gait, stooping, and sit-to-stand from a normal chair height. For each
simulation, contact loads and contact stresses occurring at both the bearing surface and
trunnion interface were recorded. To investigate the relationship between trunnion wear
propensity and taper seating load, three distinct impaction loads were considered: a
standard value of 5 kN *°°, a low value of 1 kN, and a high value **' of 17 kN. Linear and

volumetric wear at the trunnion interface was modeled using the Archard-Lancaster

171 3

formulation """. For these trunnion-wear simulations, a wear factor of 1.13*10°® mm

-1 -1 172
N'm™ was used .
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kinematic sequence for each simulation. Subluxation distance during the five dislocation

challenges were averaged for each of the 36 separate cup orientations (radiographic
orientation) for a femoral stem in 10° of anteversion. For the 32mm head diameter (A),
average femoral head subluxation was greatest for cups positioned in low values of

acetabular anteversion and inclination as well as for cups positioned in high anteversion.
Subluxation was similarly influenced for head diameters of 36mm (B), 40mm (C), 44mm

(D) and 48mm (E).
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Femoral head subluxation propensity was found to be strongly dependent upon
both cup orientation and femoral head diameter (Figure 88). Femoral head subluxation
propensity was greatest at low values of cup inclination and low values of cup
anteversion (for posterior instability challenges), and at high values of cup anteversion
(for anterior instability). Increasing femoral head diameter had a more pronounced effect
on reducing subluxation for the posterior instability challenges than for the anterior
challenge. Instability was preceded by (component-on-component) impingement for most
cases, although some situations of foot pivoting with larger heads resulted in spontaneous
(slide out **°) dislocation. Using femoral head subluxation of less than 1mm as a
definition of stability (Figure 89), substantial improvement in stability occurred when
femoral head size was increased from 32mm to 36mm. However, further gains in stability
with increased head size were progressively less evident at higher values of head

diameter.
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Figure 89: The percent of orientations yielding a stable articulation (defined as having a
maximum femoral head subluxation <Imm) was shown to increase as a function of
femoral head diameter. The effect of increasing head size was greatest when moving
from 32mm to 36mm, while there was progressively diminishing improvement in
stability with the further increases of head diameter.
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At the bearing surface, the peak (von Mises) contact stress decreased appreciably
when head diameter increased from 32mm to 40mm, for gait, for stooping and for sit-to-
stand for neutrally- and vertically-positioned cups (Figure 90). For horizontally-oriented
cups, impingement and the resulting subluxation and edge-loading caused substantially

increased peak stress.
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Figure 90: Peak values of surface von Mises (VM) stress occurring at the articular surface
were determined for each simulation. For gait (A), bearing surface stress decreased
precipitously when head diameter was increased from 32mm to 36mm, for all three cup
orientations. Progressively more modest decrements in bearing surface stress with
increased head diameter were observed for head increases beyond 36mm. Similar
relationships were observed for stooping (B) and sit-to-stand (C) for the neutrally and
vertically positioned cups. For both of these latter dislocation challenges, surface stress
was greatly increased for horizontal cups, due to impingement, subluxation, and
significant edge loading.

By contrast with the bearing surface, peak stress developed at the trunnion
interface (Figure 91) demonstrated unabated (or in some cases even progressively
increasing) sensitivity to femoral head diameter. For gait (Figure 91A), increasing the
head diameter from 32mm to 40mm increased peak stress on the trunnion by only
approximately 3.5%. Further increasing head size to 44mm increased peak trunnion stress
by 9.5% relative to that for 32mm. However, increasing head size to 48, 52 and 56mm
resulted in stress increases (compared to 32mm) of 24%, 40% and 51%, respectively.

Similar trends were observed for the sit-to-stand simulations (Figure 91B). For stooping
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(Figure 91C), a comparable dependency of trunnion stress on femoral head size was
observed for neutrally- and vertically-oriented cups. For horizontal cups, the decreased
trunnion stress compared to the two other cup orientations was due to frank dislocation
occurring for the lower values of head size (32-40mm), prior to attainment of peak joint
contact loads. For head sizes >40mm, subluxation and eccentric loading of the head
caused higher stresses to develop at the trunnion than occurred for neutral or vertical cup

orientations.
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Figure 91: Peak values of von Mises (vM) stress occurring at the trunnion were found to
increase with increased femoral head diameter for all three cup orientations during the
gait motion challenge (A). The influence of head diameter on trunnion stress was
progressively more pronounced for higher head diameters. A similar dependency of head
diameter on trunnion stress was also observed for the sit-to-stand (B) and stooping (C)
challenges. (Stooping simulations with horizontally positioned cups at lower values of
head diameter resulted in frank dislocation before maximum joint contact stresses could
be developed, resulting in lower values of trunnion stress.) For stooping, stresses at
higher values of head diameter were found to approach or exceed the yield stress of CoCr
(broken horizontal line), indicating increased potential for plastic yield on the trunnion
surface for larger head diameters.

Micromotion (nodal slip) at the trunnion/bore interface varied according to the
kinetics and kinematics of the patient motion cycle (Figure 92). Assembly/impaction
seating of the head onto the trunnion resulted in slip aligned with the long axis of the

interface. Increased frictional torque at the bearing surface resulted in rotational slip
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along the neck axis, while increased joint forces produced slip again predominantly

parallel to the neck.
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Figure 92: Relative nodal slippage (micromotion) during the input assembly/motion
simulations occured in six distinct modes. Trunnion assembly during impaction resulted
in vertical slip of interface nodes (i). After the impaction load, elastic recoil in the
trunnion/bore interface resulted in relaxation of the assembly, and slip in the opposite
direction (i1). During the motion sequence, node slip was minimal during low values of
joint contact load and bearing surface frictional torque (iii). For intermediate values of
both bearing surface frictional torque and joint contact force, net slipping was primarily
rotational (iv). Further increasing both bearing surface frictional torque and joint contact
loads resulted in a mixed rotational/translation slip (v). At peak values of joint contact
load, slip was primarily parallel to the axis of the trunnion/bore (vi).
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Figure 93: Micromotion of the trunnion relative to the head bore resulted in the
generation of linear wear on the interface surfaces. Total cumulative linear wear for gait
at the end of the motion cycle (A) was approximately half that occurring for the sit-to-
stand (B). For all motions, linear wear increased with increased femoral head diameter.
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Head-diameter-dependent trends for (Archard) computed linear wear (Figure 93)
generally followed those for contact stress. Trunnion linear wear demonstrated a
predilection to be most severe near the leading and trailing edges of the trunnion, similar
to the trunnion wear scars observed during revision (Figure 84). Trunnion volumetric
wear (Figure 94) demonstrated similar trends. Volumetric wear during gait (Figure 94A)

was slightly elevated for vertically-positioned cups.
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Figure 94: Volumetric wear at the trunnion demonstrated strong dependence upon head
size for gait (A), stooping (B) and chair rising (C). This dependency of head size was
most pronounced at higher values of head diameter.

The magnitude of impaction load used to seat the femoral head substantially
influenced trunnion contact pressure (Figure 95), trunnion micromotion (Figure 96), and
trunnion volumetric wear (Figure 97). As would be expected intuitively, increased
impaction force resulted in increased trunnion stress, and therefore more trunnion
interfacial frictional stress to resist micromotion. However, wear depends upon both
contact stress (increased for stronger impaction) and on micromotion (decreased for
stronger impaction). Therefore the overall effect of increased impaction force on trunnion
interface wear was much less pronounced than on either contact stress or micromotion
alone, and indeed, was almost negligible (Figure 97). This is very different than the effect

of increasing head diameter, where both trunnion contact stress and micromotion
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d, therefore greatly increasing computed interface wear.
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Figure 95: The FE simulation consisted of three distinct phases. The femoral head was
impacted onto the trunnion (i) resulting in the rapid development of contact pressure at
the interface. After the impulse loading, the trunnion/bore interface underwent elastic
recoil (i1) until static equilibrium was reached. Then the motion cycle was run (iii) (gait in
this example). While the use of higher impaction loads resulted in substantially greater
initial contact pressure, all three simulations converged towards similar values of pressure

during the simulation.
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Figure 96: Increased interface motion, measured in terms of instantaneous slip distance
between nodes at the interface, was seen for the simulation with a low (1 kN) impaction

load, versus normal (5

kN) or increased (17 kN) loads.
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Figure 97: Increasing the value of impaction force decreased the volumetric wear
occurring at the trunnion interface. This relationship exhibited exponential-type decay
(inverse power law regression)

Discussion of Large Diameter Heads and Trunnionosis

While the theoretical advantages of large diameter MoM bearings hold attraction,
actual clinical utility is currently an open question. Using an FE formation coupled with
physiologically-realistic input motions and loads, parametric series were designed to
address the interplay between (1) THA stability and (2) the propensity for increased
trunnion interface wear, for large head MoM THA.

Historically, clinical issues arising from wear at the trunnion interface had been a

253-255

well-recognized concern , even prior to the present era of large-sized heads. Various

factors affecting wear had been empirically identified, including implantation time >,

256-258

alloy composition (especially regarding galvanic corrosion effects) , joint load

: 259 - 255 256, 260
magnitude ', numbers of loading cycles ©°°, moment arm =

, and frictional torque at
the bearing surface 2°'. However, many of these factors were related to design
inadequacies and/or inappropriate manufacturing tolerances for earlier-generation devices
262 Tndications of relatively low corrosion at the trunnion/head interface 263 "and excellent

intermediate-term survival 2 for (modest diameter) modern MoM im lants, suggest that
p gg
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the trunnion interface is not necessarily the weakest link for all MoM implants. However,
the emerging clinical picture for large-diameter modular THA is not so clear. Given the

215,216, 238

recent reports of high rates of trunnionosis-associated failure , along with

237,243 __ .
728 with

increased incidence of pseudotumors *°’ during comparatively short follow-up
large diameter implants, the use of large diameter MoM implants warrants further
biomechanical and clinical scrutiny, especially in light of disturbingly-elevated revision
rates for large-diameter THA in the most recent registry data 264,

The utilization of large heads in modular THA is an archetypical example of the

: : 265
“choices and compromises”

inherent in design of successful orthopaedic implants. It
is well recognized that increasing head diameter reduces impingement, improves
stability, and enhances the elastohydrodynamics of joint lubrication. However, it is
unclear whether a practical head size limit exists as regards improved overall construct
performance, given the potentially adverse effects at the trunnion interface. The present
study sought to determine if such a limit could be indentified for large-diameter MoM
bearings. Instability continues to be a major clinical concern in THA ! with
impingement avoidance being a particularly significant consideration for MoM bearings.
The present data indicate diminishing further improvement of intrinsic joint stability for
head diameters beyond 40mm (Figure 89). However, stress at the trunnion interface
(Figure 91) continued to increase unabatedly for head diameters larger than 40mm for
normal-function scenarios where impingement-associated edge-loading did not occur.
Correspondingly, a tendency for increased wear at the trunnion interface continued,
similarly unabated, for head sizes greater than 40mm (Figure 94).

Additional choices and compromises undoubtedly apply also to design of the
trunnion. While it has been well established that increased trunnion diameter significantly
reduces wear potential at this interface *°°, implant manufacturers place high emphasis on

keeping neck diameters low, in order to maintain favorable head:neck ratios. From a

biomechanical viewpoint, it is plausible that a point of diminishing returns similarly
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exists between reduced taper diameter and improved impingement/stability.
Quantification of the choices and compromises of using larger trunnions is another
attractive avenue for further parametric investigation.

In summary, these parametric results corroborate recent clinical evidence that
large-diameter heads for MoM THA have a tendency to cause deleterious wear
generation at the head/neck interface. The propensity for trunnionosis-inducing wear
increased substantially for head diameters greater than 40mm, and for malpositioned cups
that underwent impingement. The tendency for trunnion wear could be only weakly

influenced by higher impaction assembly/loading on the neck.

Optimizing Metal-on-Metal THA

Mounting concerns with MoM hip implants over approximately the last two years
have resulted in the issuance of a UK Medical Device Alert (U.K. MHRA
MDA/2010/033), and in the voluntary recall of all DePuy ASR THA and hip resurfacing
prostheses. National joint registries **2°® have indicated disturbingly high failure rates
for some MoM devices, with revision rates as high as 29% after 6 years for some

implants 2°

. Despite nearly seven decades of development and use, these recent events
perhaps foreshadow the impending dismissal of MoM THA (again). However, a call for
the total abandonment of MoM THAs may not be justified. Several reports of
contemporary second-generation MoM THAs have demonstrated survival rates greater
than 95% at up to ten years postoperatively, rates which are better than those for
contemporary metal-on-polyethylene THA 272 Additionally, excellent survivals at 30+
years postoperatively have been observed with McKee-Farrar MoM, with minimal wear
and soft tissue engagement *"*%. And, as mentioned previously, MoM implants hold
advantages — particularly the possibility to use larger femoral heads — not available with

other bearing surfaces. How then might one explain the distinct incongruity between the

majority of MoM THAs (which demonstrate excellent clinical results) versus that of a
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smaller subset with poor outcomes? As discussed and analyzed in the preceding two
sections, (often subtle) implant design considerations can have pronounced effects on
THA biomechanical performance. However, factors directly within the surgeon’s control
may influence outcome to a similar or perhaps even greater degree. The purpose of this
final investigation was to indentify and analyze surgeon-controlled factors, and to
quantify the extent to which those factors affect both short- and long-term outcome

predictions in THA.

Surgical Factors Influencing Metal-on-Metal THA

The orientation of the cup in the pelvis has a direct influence on hip range of
motion prior to impingement. Implantation of the cup at a position that is too vertical
(high inclination and version) allows for high flexion, and offers protection against
posterior dislocation, but involves increased risk for posteriorly-directed impingement
and thus anterior dislocation ***. Conversely, THAs that dislocate posteriorly often have
more horizontal inclination and lower anteversion angles. Historically, a “safe-zone” of
cup orientation was described by Lewinnek et al. in 1978 as being 40° + 10° of
inclination and 15° + 10° of anteversion (radiographic definition). Outside of this safe
zone, Lewinnek et al. noted a four-fold increase in dislocation risk (Figure 98).

Analogous safe-zone definitions have been reported from other clinical series 2**
¥4 Other investigators have advocated for increased ** or decreased ** cup inclination.
Owing to the complexity associated with intraoperative or postoperative orientation
assessment, various investigators have proposed other methods of identifying optimal cup

orientation. Barrack et al. 2%’

, using a rigid-body computational approach, defined optimal
acetabular cup positioning as 45°+10° inclination and 20°+£10° cup anteversion. Using a
mathematical model, Widmer and Zurfluh **® described optimal placement as inclination

of 40° to 45° and acetabular anteversion of 20° to 28°. Other computational *" and

analytical ** models have identified generall similar, although not identical, definitions
y g y g
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of optimal cup placement.
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Figure 98: “Safe zone” as defined by Lewinnek et al. *°. Optimal implantation was

determined to be 40° inclination (0) and 15° acetabular anteversion (o). A four-fold
higher risk for dislocation was observed for THAs positioned outside this region.

The preponderance of implant orientation investigation has focused on acetabular
cup positioning, with conspicuously less attention being directed toward the effect of
femoral stem version. Usually 15° of femoral anteversion is recommended . One study
0 recommended a combined (cup and stem) anteversion of 20° to 30° in males, and 45°
in females. Another determined that dislocation risk was 6.9 times higher if combined

. 291
anteversion was not between 40° and 60° *°

. Using a mathematical model of THA
impingement, Widmer et al. **® suggested that the anteversion of the cup plus 0.7 times
the anteversion of the stem should equal 37°. Recently, a similar mathematical study

identified a similar regression, independent of head size *. Historically, femoral

. e . 2
anteversion has been a common source of malpositioning: Fackler and Poss **
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determined excessive femoral anteversion as the most common form of implant
malposition, with the stem being outside the accepted range in 44% of patients who
dislocated but only in 6% of those without dislocation. However, given the constraints of

press-fit stems in most modern implants ***

, the stem will necessarily be anteverted to the
same degree as the femoral canal.

The design of the implant has been shown to have a dramatic effect on THA
stability. The most widely investigated factor has been the use of large heads (or a
concomitant increase in the head:neck ratio). Large diameter heads have been introduced
to reduce the incidence of impingement and dislocation, by increasing the range of
motion. Berry et al. *° reported dislocation rates of 12.1%, 6.9% and 3.8% when using
22-, 28- and 32-mm femoral head diameters. Several other clinical studies have

demonstrated similar relationships * 4% 2% 2

. However, the association between
increased head size and increased stability has not been shown in all clinical studies. In
their review of over 10,000 THAs, Woo and Morrey *7 found that the difference in
dislocation rates between 22mm versus 32mm implants (2.9% and 3.3%, respectively)
was not significant. In a study comparing 3,200 22mm Charnley stems with 2,900 32mm
implants *7, dislocation rates were again similar (2.4% vs. 2.5%) after one year. This
differing experience may be related to other factors, such as the head-neck ratio or
surgical approach *.

Therefore, there has been interest in investigating head size and head:neck ratio as
modifiers of range of motion, and thus of stability, from a more biomechanical

perspective. Using Sawbone-implanted pelves, Burroughs et al. **°

investigated the
advantages of 28-, 32-, 38- and 44-mm heads for cups in neutral inclination and in 10°,
30° and 45° of anteversion. The use of a 38mm non-skirted implant increased range of
motion (flexion) by 12° compared to a 28mm skirted prostheses. Similar increase in

flexion (7°) was seen comparing the 32mm skirted device to a non-skirted 44mm

implant. However, when a non-skirted neck was used for each implant, the range of
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motion in pure flexion was similar for each head size. Bartz et al. '®!

, using a cadaveric
model, demonstrated an improvement in range of motion (flexion at dislocation) when
moving from a 22mm head to a 28mm head. However no benefit was seen when
comparing a 28mm head to a 32mm head. Using a three-dimensional computational
model, D’Lima et al. >*° assessed the range of motion prior to impingement of implants
with head ratios between 22 and 32 mm for cups placed within the safe-zone. They
concluded that the improvement in range of motion was sensitive to the acetabular cup
placement, with cups positioned in higher inclination demonstrating the most
improvement when using larger necks.

These laboratory studies, however, have addressed only cup orientations within
the conventional safe-zone of cup implantation. Only a single computational study '’* has
specifically addressed large heads for malpositioned cups. That investigation
corroborated other studies in terms of demonstrating an improvement in range of motion
using 38mm heads compared to 28mm heads, with the improvements being greater for
instances of cup malpositioning. However, the difference between 32mm heads versus
either 36mm or 38mm heads was insignificant, with osseous impingement limiting
additional rotational improvement for pure flexion/extension motions.

The overwhelming majority of computational studies which address either cup
orientation, femoral head size, or both, use only range of motion as their assessment
metric. Impingement and instability involve a complex kinematic and kinetic interaction
with significant interplay; assessing only range of motion severely limits the utility of
these studies in terms of translation to the clinical environment. Additional variables,
such as dislocation resistance and (non-conforming) surface contact stresses are
undoubtedly influenced by implant geometric design. To date, only a few computational
studies ®>?*’ have addressed these additional parameters, rather than just range of motion.
Scifert et al. **7, using a physically validated FE model, demonstrated an increase in

resisting moment both for increased head:neck ratios and for increased femoral head sizes
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at constant head:neck ratios, for metal-on-polyethylene constructs. Range of motion at
impingement and at dislocation was also shown to be dependent on head:neck ratio (but
not on head size per se). However, while reported as an output metric for variations in
cup orientation, surface stresses were not regressed to head size. Although validated
experimentally, their model did not include the effect of periarticular soft tissue, and it
used only simplified (planar) motion kinetics.

More recently, Kluess et al. * assessed the effects of range of motion, resisting
moment and polyethylene contact stress for four separate femoral head diameters, using
an experimentally validated FE model. This corroborated the findings from Scifert et al.,
demonstrating an increase in resisting moment and range of motion for large diameter
heads. Additionally, surface stresses at both the impingement site and the head egress site
were shown to decrease with increased head sizes, owing to an increase in contact
engagement area. Similar to the Scifert at al. study, while experimentally validated, the
Kluess model did not include the effects of the capsule on construct stability.
Additionally, the bearing geometry was developed from idealized analytical surfaces, and
only a few separate orientations were investigated, thus making extrapolation to other

head sizes and cup orientations difficult.

Methods for FE Metal-on-Metal Optimization

Given the limited, and often conflicting, data on the biomechanics of component
orientation and size, a significant knowledge gap exists concerning how these factors
influence outcomes in THA, specifically as regards MoM hip replacement. To take a
substantial step forward towards significantly closing this gap, a novel FE study of
considerable size and scope was endeavored. This study simultaneously addressed the
influence of femoral and acetabular component orientation, as well as femoral head
diameter, on both short- and long-term outcome predictions for MoM THA by

considering both implant stability and bearing surface wear.
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The MoM FE model consisted of CoCr bearings, with model specifics similar to
those described previously in this chapter. Orientation effects on implant stability and
bearing surface wear were addressed by considering thirty-six distinct cup orientations
(anatomic definition), varying the cup inclination (25° to 75° in 10° increments) and
acetabular anteversion (0° to 50° again in 10° increments) (Figure 99). These orientations
were chosen to ensure that a state-space of 45° + 20° of cup inclination and 20° £ 20° of
acetabular anteversion could be represented in anatomic (Figure 99), operative (Figure

37) or radiographic (Figure 100) orientation.

Inclination (deg)
45 55

Anteversion (deg)

Figure 99: Thirty-six distinct cup orientations were investigated. These were determined
using the anatomic reference frame.
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Inclination (deg)
25 35 45 55 65

Anteversion (deg)

Figure 100: Interpolation of the anatomic cup orientations allows for representation of the
FE state-space rendered in the more clinically useful radiographic orientation.

Femoral anteversion was investigated by considering four distinct orientations
(0°, 10°, 20° and 30°) (Figure 101). The average femoral anteversion used in this study is
similar to that observed radiographically for implanted stems (16.5°) 2*?%°, as well as
that identified cadaverically **° (12°) and intraoperatively ** (10°).

The effect of head size on stability and bearing surface wear was investigated by
considering five distinct values of femoral head diameters (Figure 102) that are available
for many contemporary modular MoM implants.

Six separate input motion challenges were considered: standard gait, and five
dislocation challenges. These included four separate posterior-dislocation-prone
challenges (stooping, squatting, sit-to-stand from a low chair, and sit-to-stand from a

normal height) and one anterior-dislocation-prone maneuver (lateral foot pivoting).
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Again, this ratio of posterior:anterior dislocation directions is similar to the relative

incidence of dislocations observed clinically **%.

Figure 102: Five femoral head diameters were investigated (32, 36, 40, 44 and 48mm).
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The process for identifying optimal conditions for MoM THA was rather involved

(Figure 103). A total of 4,320 distinct FE simulations (36 cup orientations x 6 motion

challenges x 4 femoral positions x 5 head diameters) were used in the optimization.

Dislocation challenges

36 cup orientations

X

5 motion challenges

/N

Gait

36 cup orientations

v

Calculate Calculate Calculate
subluxation bearing bearing
distance volumetric volumetric
wear wear
5% 95%
Stability Wear
Metric Metric
50% 50%

N/

THA Performance

Score

Figure 103: Optimization algorithm. Optimization of MoM THA considered both implant

stability and bearing surface wear. The algorithm was applied to each combination of
femoral head diameter and femoral anteversion (twenty such combinations). Using this
methodology, final optimization determination was regressed for both femoral head

diameter and femoral anteversion.
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The final metric used to determine optimized conditions (“THA Performance
Score”) is a combination of implant stability and bearing surface wear. For any given
combination of femoral head diameter and femoral anteversion, Stability (defined in
terms of femoral head subluxation) was tracked for all five of the dislocation challenges.

The magnitudes of femoral head subluxation were then averaged (Figure 104).
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Figure 104: For every combination of head size and femoral anteversion, femoral head
subluxation was assessed for each of the five dislocation challenges (A-E). The average
subluxation (F) was then computed by taking the arithmetic mean at each of the thirty-six
cup orientations for all five motion challenges. The illustration shown is for a 36mm
femoral head with 20° femoral anteversion (anatomic reference frame).

For each instance of head size and femoral anteversion, a “Stability Metric” is
computed from the averaged head subluxation (Figure 105). To generate the stability

metric, each averaged (subluxation distance) data point is inverted. Then, this portion of



156

the state-space is normalized on a scale of 1 to 100, with a value of 100 representing the

most stable cup orientation.

Inclination (deg ) Inclination (deg)
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Figure 105: From the averaged head subluxation, a “stability metric” was computed in
anatomic orientation (left), which was then interpolated into the radiographic reference
frame (right). The stability metric is a normalized parameter (1-100). The instance shown
is that for a 36mm femoral head with 20° femoral anteversion.
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For each simulation, bearing surface wear was also computed using the Archard
formulation. Using FE analysis to calculate bearing surface wear has a long precedent >
392 However, conventional methodology used to calculate bearing wear is typically very
computationally expensive. Therefore, to efficiently calculate wear from the 4,320
simulations, a slightly modified calculation routine was developed. The wear program
efficiency is greatly improved by declaring several global variables prior to the
calculation of wear. Input files for orphan meshes list nodal connectivities for each
element in the model, i.e., what nodes are associated with each element. For linear
hexahedral elements, each element has eight such connectivities. The first global variable
is a list of connectivities for the contact surface elements. For these surface elements,

only four (or rarely six) nodes are present on the surface (Figure 106). Conversely, each

node on the surface is connected to two or four elements (Figure 106D). The second
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globally-declared variable is a list of “element connectivities” for each node in the
surface face set, i.e., for each node on the surface, the elements it contacts. The last global
variable deals with element normals. Linear wear (as calculated by the Archard
formulation) is assumed to act in a direction normal to the contact pressure. Numerical
determination of linear wear is performed at nodes. Nodes, however, do not have a
normal direction, whereas element faces do. Therefore, volumetric wear needs to be
calculated by displacing the node in an approximate face-normal direction. For such
purpose, a list of nodal “normals” needs to be determined. This was done first by
computing the normals of each face. Then, using the face connectivities (the first global
variable described above), the normal direction for the face is passed to its four connected
nodes. However, since each node on the surface (usually) contacts four elements, at the
end of the computation, each node on the surface would have an approximate normal
direction taken as the average of its four neighboring elements. Per the Archard
calculation, instantaneous linear wear is the product of the k-factor, the contact pressure
and instantaneous slipping rate. Rather than read in an output file of nodal slip quantities
and performing numerical differentiation, the slipping rate was determined as the sum of

the instantaneous translational and rotational velocities:

head_diamet
slip(t) = dU(t) + V(1) =20

where U is the femoral head subluxation, and V is the rotational velocity (specified as
input boundary conditions) of the head. Functions for V(t) and dU(t) were determined by
writing cubic splines. Instantaneous linear wear at every node for each time increment
was then calculated as

linear_wear(t) = k., CPRES§1)-slip(t)

where CPRESS was a node output file listing nodal contact pressures. At each time

increment, instantaneous volumetric wear was computed by repositioning the nodes of
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each element at each time increment. As previously described, nodes were considered as
being displaced along their “normal” direction. Instantaneous volumetric wear at t; was
then calculated as [V(ti.;) — V(ti)]. The initial and final elements volumes at each
increment were determined using an efficient algorithm for the volume of hexahedral
cells **. Total volumetric wear at t; was then computed by the summation of V(t) from
t=0 to t=t;. To avoid confounding factors from adverse loading conditions, total
volumetric wear for each FE simulation was truncated if the femoral head subluxates

more than 4mm.

L

Oty

;,’;," i
il

9%, &
g
5%

Figure 106: Surface element connectivities. (A) Ceramic liner. (B) High-resolution view
of the cup edge. Whereas most surface elements had four nodes on the surface, a ring of
elements forming the cup (radiused) edge contain six nodes (C). Additionally, most nodes
on the cup surface were connected to four elements (red nodes, D), some nodes on the
peripheral surface were associated with only two elements (blue nodes). Bookkeeping of
these features were required to generate the declared global variables for the bearing
surface wear calculations.
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This modified wear algorithm featured several advantages over previously

3% First, by direct computation of nodal slip rate (versus numerical

developed methods
differentiation of large output data files), the efficiency of the linear wear calculation was
substantially improved. Second, computation of total volumetric wear by performing
simple calculations on each element represented a significant reduction in computational
time versus more complex surface integral calculations. These advantages resulted in at
least a 50-fold reduction in computation time per simulation, a non-trivial savings in
consideration of the thousands of FE simulations that required post-processing. In
addition to improvements in time efficiency, the modified procedure was also
advantageous in that the algorithm simultaneously repositioned nodal coordinates and
calculated volumetric wear, rather than requiring separate custom written procedures.
While not considered in the present study, this would allow for a highly efficient analysis
of cumulated bearing surface wear over many (millions) of duty cycles. This would be
especially beneficial to for explicit FE analyses, which currently do not support automatic
remeshing subroutines. For each instance of femoral head diameter and femoral stem

anteversion, volumetric wear was calculated for the 180 dislocation simulations (Figure

107A) and the 36 gait simulations (Figure 107B).
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Figure 107: Volumetric wear for the five dislocation challenges (A) and gait (B).
I1lustration shown for a 36mm head diameter with 20° femoral anteversion.
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To determine the “wear metric”, overall volumetric wear was weighted so that
gait accounted for 95% of the total, while wear from the dislocation-challenge
simulations accounted for 5% (i.e., for each combination of femoral anteversion and head
diameter, the wear metric was the summation of 0.95 times the matrix illustrated in
Figure 107A and 0.05 times the matrix illustrated in Figure 107B). These relative
weighting ratios were determined from data from monitored THA patients performing
activities of daily living **. The final wear metric was generated using the same
normalization procedure for THA stability as described previously. The overall combined
“THA performance score” was computed using equal weighting of both stability and

volumetric bearing surface wear (Figure 108).

Inclination (deg ) Inclination (deg )
25 35 45 55 65 25 35 45 55 65

40

30
30

Anteversion (deg)
20

10
Anteversion (deg)
20

10

00
00

Inclination (deg )
o25 35 45 55 65

THA
Performance
Score
(=]
Ean)
mﬂ
U
=
=
.E =
lﬂ'j -
-
o
z

10

00

Figure 108: Equal contributions of stability (A) and volumetric wear (B) determined the
overall THA performance score (C). For each instance of head diameter and femoral
anteversion, a “landing zone” of optimal cup positioning was identified, which markedly
was more sensitive to cup anteversion than for cup inclination. Instance shown is that for
a 36mm femoral head with 20° femoral anteversion.
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Results of Metal-on-Metal Optimization FE Series

The THA performance score for each series was combined to allow for optimal
cup orientation to be regressed against femoral head diameter (Figures 109-113) or
femoral stem anteversion. Optimal positioning was determined by computing an
isosurface of the resulting THA scores above a value of 90. An ellipse was fit to this

isosurface, and the optimized cup orientation was determined as the center of this ellipse

(Figure 114).
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Figure 109: Combined THA performance scores from 864 distinct FE simulations with
femoral head size of 32mm.
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Figure 110: Combined THA performance scores from 864 distinct FE simulations with
femoral head size of 36mm.
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Figure 111: Combined THA performance scores from 864 distinct FE simulations with
femoral head size of 40mm.
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Figure 112: Combined THA performance scores from 864 distinct FE simulations with
femoral head size of 44mm.
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Figure 113: Combined THA performance scores from 864 distinct FE simulations with
femoral head size of 48mm.
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Figure 114: Optimal cup positioning. For THA performance scores from a single instance
of femoral anteversion and head diameter (A) ideal cup orientation was determined by
fitting an ellipse to an isosurface of the identified “safe zone”(B). The optimal cup
positioning was considered as the center of the ellipse (*).

When regressions were performed, high correlations were found between optimal

cup inclination (Figure 115) and anteversion (Figure 116) with femoral head diameter

and femoral stem anteversion.
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Figure 115: Regression for optimal cup inclination with head diameter (left)
demonstrated a correlation coefficient of 0.882. Regression with respect to femoral
anteversion (right) yielded a correlation coefficient of 0.965.



[
(=]
|

K
-

Ly

(]
%]

167

b
(=]
1

/
s

18 - e

-
w
1

’

-
L2
L
4
;

-
=
)
Al
5
-
re
'l

Optimal acetabular anteversion (deg)
A¥
‘\
Optimal acetabular anteversion (deg)
~
’ s

-y
(=]

-
>

36 40 44 48
Femoral head diameter (mm)

r T )
10 20 30
Femoral anteversion (deg)

o
r
o

Figure 116: Regression for optimal cup anteversion with head diameter (left)
demonstrated a correlation coefficient of 0.986. Regression with respect to femoral
anteversion (right) yielded a correlation coefficient of 0.982.

Inclination is optimized when the following equation is met:
-0.33*femoralapteversion T 0.48*diameter +cupinclination = 56
Similarly, the equation for optimal cup anteversion is:

0.35*femoralypeversion — 0.28*diameter +cupanteversion = 12

Discussion of Optimizing Metal-on-Metal THA

The importance of implant positioning in THA has been long-recognized and
extensively investigated. Yet, owing to a myriad of study limitations, uncertain, and often
directly contradictory, conclusions have emerged. This present study was undertaken to
overcome many of those prior limitations, and to provide definitive quantitative
conclusions regarding the influence of specific factors upon THA outcomes. Besides
representing the most comprehensive computational analysis to date of component
optimization, it is notable in terms of being the first combined/concurrent balancing of
considerations for preserving stability and minimizing wear. The weighting of these
factors represent balancing considerations for both short-term (instability) and long-term

(particulate wear burden) failure modalities in contemporary MoM arthroplasty. While
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the specific weighting factors used in this study were derived from clinical observations
of failure modalities in contemporary MoM THA 2'*-3% a significant attraction of the
present formulation is that it can be straightforwardly modified to consider any specific
set of weights for stability, wear, or other consideration (e.g. contact stress minimization).
Several important considerations regarding component orientation were
identified. First, ideal cup anteversion and inclination were found to be strongly
correlated to femoral stem anteversion. To the author’s knowledge, only two previous

. 288,292
studies “°> <7 of

combined anteversion” have observed a similar interaction of cup
anteversion and femoral anteversion. However, this is the first investigation to observe a
dependency of ideal cup inclination on femoral anteversion. Second, equally strong
correlations were observed between ideal cup inclination and ideal cup anteversion
versus femoral head size. This observation, that optimal cup positioning depends on head
diameter (again to the author’s knowledge) has never been suggested previously. And
finally, this investigation has identified that the so called “landing zone” of ideal cup
orientation (Figure 108C) is considerably more sensitive to cup anteversion than to cup
inclination (Figure 114). Additionally, the size of the landing zone does not appreciably
change with increased head diameter. These final observations are perhaps those with the
most clinical importance. Despite extensive clinical investigation, the influence of cup
anteversion on wear potential in MoM THA remains unclear. Wear has been shown to be

d 2'>?** and decreased *** with increased acetabular anteversion. Perhaps

both increase
this is reflective of the smaller landing zone and/or higher sensitivity to cup anteversion
identified with the present investigation. As regards sensitivity to cup anteversion, this
study corroborates clinical observations of sensitivity of metallic ion release to cup
anteversion **’. The relative insensitivity to landing zone size with head size is perhaps of
equal clinical significance. Assertions such as “larger acetabular components are more

5 308

tolerant of the effects of malalignment in abduction and version are pervasive in the

orthopaedic literature, yet lack sufficient biomechanical evidence.
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This investigation of orientation optimization is subject to a number of
limitations. First, while six distinct motion challenges were considered, a significant
proportion of the final results depended upon wear computed from gait. While the
dominance of gait compared to other activities of daily living used in this study (95%)

was derived from observation studies of THA patients 305,309

, the reliance upon a singular
gait motion could plausibly have biased the results towards the particular pattern of level-
walking gait considered. However, compared to the variability seen with hip joint motion
associated with other activities of daily living, variation among different gait patterns is
probably only a small consideration. Second, only implant stability and bearing surface
wear were considered when determining optimized component positioning, yet there are
plausibly additional sources of deleterious effects associated with and influenced by
component orientation. These include the potential for plastic deformation '®> and for
third body debris ingress '’ associated with component impingement. Additionally,
trunnion surface wear, as previously investigated, potentially contributes significantly to
the metal ion/debris burden in MoM THA, especially with increased head size.

In summary, positioning MoM bearings involves balancing the competing
considerations of joint stability and implant bearing surface wear, and that parity can be
obtained through careful consideration of component orientation. Optimal acetabular cup
orientation was found to strongly correlate to both femoral anteversion and femoral head
size, challenging the notion of a ‘one-size-fits-all’ safe-zone to guide component

positioning.
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CHAPTER 5: PATH FORWARD

“Would you tell me, please, which way I ought to go from here?”

“That depends a good deal on where you want to get to,” said the Cat.

“I don’t much care where -- ” said Alice

“Then it doesn’t matter which way you go,” said the Cat.

“-- 5o long as I get SOMEWHERE,” Alice added as an explanation.

“Oh, you’re sure to do that,” said the Cat, “if you only walk long enough.”

Charles Dodgson (Lewis Carroll) — Alice’s Adventures in Wonderland

A major theme of this body of work is to illustrate how improved understanding
of biomechanics can quantify, reliably predict, and potentially mitigate failure in THA.
The finite element model has proven to be sufficiently robust to investigate historical
(dislocation), emerging (trunnionosis), novel (obesity), and complex (fracture) influences
upon failure. Given this broad utility, it is quite conceivable that this general approach
can, and will, continue to be used to analyze THA biomechanics for concerns that are
presently unknown.

Several topics investigated with the FE formulation merit additional attention and
future work. Perhaps the most inviting is the topic of adverse outcomes for obese
patients. The FE model was used to identify a novel dislocation mechanism in morbidly
obese patients. While increased dislocation risk was seen to be a mechanical response to
obesity, this investigation largely ignored the numerous physiological effects of obesity.
As described, there is some indication that obesity plays a detrimental role in terms of
soft tissue integrity, yet the topic, in general, is grossly under-investigated. Soft tissue
balance is an important consideration not just for dislocation propensity following THA,
but also in several other areas of orthopaedics and medicine in general.

The assessment of fracture phenomena in ceramic bearings should be viewed as
just initial groundwork for the topic. The ceramic liner linear elastic fracture mechanics
investigation was the first study in the orthopaedic literature to attempt the address the

(bio)mechanics of liner fracture. With mounting concerns regarding MoM implants, and
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with the increasing need to replace hips in younger, heavier and more active patients, the
search continues to identify the ideal bearing couple, and ceramics may be a logical
choice. Performance of ceramic bearings has drastically improved in recent years, and
now represents the lowest intermediate-term revision rates of any bearing couple ***.
Owing to extensive mechanical investigation, the once common occurrence of femoral
head fracture has now been effectively eliminated. However, fracture of the liner
continues as a clinical concern. And, unlike many other failure modalities, ceramic
fracture is of a “catastrophic” nature, one which involves substantially increased
morbidity for the patient. Several nascent advances in FE technology hold promise for
increased ability to address fracture in brittle materials. The XFEM study was the first
application of this technology to an orthopaedic implant, but will likely not be the last.
Additional techniques, such as co-simulation and stochastic modeling formulations may
soon facilitate fracture modeling in complex systems (such as hip arthroplasty), further
increasing the momentum of investigational efforts with fracture mechanics in
orthopaedic research.

Appreciable effort was expended in assessing failure modes for CoC and MoM
bearings. However, the third entity of the advanced bearing category, viz. highly
crosslinked polyethylene (HXLPE), was not addressed. However, HXLPE shares many
similarities with both ceramic and MoM implants. Being more brittle than conventional
polyethylene, HXLPE is prone to fracture and chipping. But unlike the biologically inert

particulate wear generated in ceramics >'' "

, HXLPE wear debris is immunologically-
reactive, with potential consequences for osteolysis and perhaps soft tissue reaction.
Therefore, a logical extension of the current model would be to apply the CoC (XFEM)
and MoM (FE) methodologies directly to HXLPE.

And finally, the idea of “choices and compromises” in implant design has been

alluded to many times, and there is substantial room for additional optimization-type FE

studies in the future. Examples include radiused edge profiles on ceramic bearings. While
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the initial XFEM study had indicated decreased fracture potential for increased edge
radii, the results from the MoM edge radius study indicated that increased edge radius
decreases stability and increases edge loading severity. An inviting topic for further
investigation would be to attempt to optimize ceramic liner geometry to balance these
considerations. And, as previously mentioned, an additional avenue for implant design
optimization relates to the design of the trunnion with large diameter THA. The
advantages of larger femoral heads are well recognized, and could be beneficial to many
patients. Therefore, optimization of the trunnion/head interface is a well-deserving topic

for further analysis.
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