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Musculoskeletal research deals with the effects of the orthopedic treatment of patholo-
gies on the biomechanics of the affected areas and on the musculoskeletal system. Biome-
chanical measurement methods enable the quantitative determination of these influences
and the assessment of their extent and size in the patient (in vivo).

The range of examination methods is particularly wide in this field of musculoskeletal
research. On one hand, in vitro examinations under laboratory conditions on simplified
models, such as artificial bones or specimens from donors, are implemented. With the help
of these models, for example, new biomaterials or implants for the treatment of fractures
are often examined for their primary stability or to determine the influence of a joint replace-
ment on their kinematics. In contrast to experimental in vitro studies, numerical methods
are increasingly applied to analyze a large number of implant configurations and loading
scenarios. Using the method of clinical motion analysis, a comprehensive in vivo investiga-
tion of the musculoskeletal system is performed directly on the patient. An example of its
advantages is that it allows the monitoring and control of therapeutic interventions.

However, it is of great importance to know the limits and possibilities of the applied
methodology in its preclinical and clinical applications. In order to reliably answer clinical
questions on orthopedic interventions, established and extensively validated methods and
measurement protocols are the only choice.

This Special Issue intends to provide the reader with an exciting overview of current
research in the field of biomechanical investigations for the treatment of musculoskeletal
diseases according topics such as tissue biomechanics [1], in vivo diagnostics [2], numerical
simulation [3,4], tribology [4,5], experimental biomechanics [6–12], joint kinematics [3],
motion/gait analysis [3,13–17], and implant fixation [18,19]. These accepted manuscripts
are just a few examples from the field of musculoskeletal research and its methods. They
all have the common goal of increasing patient safety.
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Abstract: Roentgen stereophotogrammetric analysis (RSA) is the gold standard to detect in vivo
material wear of the bearing couples in hip arthroplasty. Some surgical planning tools offer the
opportunity to detect wear by using standard a.p. radiographs (2Dwear), whilst RSA (3Dwear) needs
a special radiological setup. The aims of this study are to prove the interchangeable applicability of a
2Dwear approach next to RSA and to assess the influence of different pelvic positions on measurement
outcomes. An implant-bone model was used to mimic three different wear scenarios in seven pelvic-
femur alignment positions. RSA and a.p. radiographs of the reference and a follow-up (simulated
wear) pose were acquired. Accuracy and precision were worse for the 2Dwear approach (0.206 mm;
0.159 mm) in comparison to the 3Dwear approach (0.043 mm; 0.017 mm). Changing the pelvic position
significantly influenced the 2Dwear results (4 of 7, p < 0.05), whilst 3Dwear results showed almost
no change. The 3Dwear is superior to the 2Dwear approach, as it is less susceptible to changes in
pelvic position. However, the results suggest that a 2Dwear approach may be an alternative method if
the wear present is in the range of 100–500 μm and a.p. radiographs are available with the pelvis
projected in a neutral position.

Keywords: polyethylene wear; roentgen stereophotogrammetric analysis; total hip arthroplasty;
precision; accuracy; pelvic orientation

1. Introduction

The success of total hip arthroplasty (THA) depends on good interaction between
three factors: (i) the surgeon/surgical technique; (ii) the implant and (iii) the patient [1].
THA replaces the bio-tribological system of the patient’s native hip joint. The soft human
cartilage of the femoral head and the acetabulum is replaced by some kind of harder
material, such as ultra-high molecular weight polyethylene (UHMWPE), cobalt chrome
molybdenum alloy or ceramic, which now represents the new “artificial” bearing situation
for the patient. The materials used in the THA are subjected to mechanical stress, especially
in the area of the bearing couple [2,3]. Each material replacing something within the
native human joints is, without exception, susceptible to material wear. Out of a technical
perspective, it could be stated that if two materials articulate against each other under
enormous stresses, tribological wear results [3]. The applied material, ball head size, or
a combination of both within the “artificial” bearing influences the clinical outcome and
long-term survival rate [4–6]. However, THA failure is a multifactorial problem. Registries

Appl. Sci. 2021, 11, 10014. https://doi.org/10.3390/app112110014 https://www.mdpi.com/journal/applsci3
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identify aseptic loosening as one of the five main reasons for revision surgery of primary
THA [6,7]. Aseptic loosening also has a multifactorial etiology, and its mechanism is
not explained by a single theory [8]. One cause of implant loosening is the combination
of tribological and biological processes [9]. A major factor leading to aseptic implant
loosening is the destruction of the periprosthetic bone. Wear particles are incorporated
by macrophages, stimulating osteoclasts and degrading periprosthetic bone. The relative
movements of two materials against each other under high compressive forces always
lead to tribological abrasion. The material properties of the sliding partners, as well as
their quality, determine the degree of wear and the shape of the wear products (so-called
particles), which, in each case, determine the concrete biological behaviour in type and
extent [3].

Wear detection of artificial joints can be performed within an experimental in vitro or
a clinical in vivo setting. Tribological testing of THA bearing couples is essential for the
evaluation of wear properties and the resulting debris. This is an important part of the
preclinical approval of new medical materials or devices. However, experimental testing is
associated with limitations, while the “real world” for the biological behaviour within the
human body is not one-to-one exchangeable onto a testing bench. To validate tribological
material behaviour under “real world” conditions, an in vivo detection of wear is necessary
and required. There is a high priority and relevance for clinical acetabular cup wear
measurements to assess common or new types of polymers that implant manufacturers
introduce [10].

To detect in vivo wear of THA, several radiographic techniques are available [11],
including conventional standard a.p. radiographs of the hip joint, special radiographs
using the Roentgen stereophotogrammetric analysis (RSA) method [12], computer tomog-
raphy [13], and magnetic resonance imaging [14]. These mentioned imaging techniques
can be divided into two-dimensional wear detection methods, including standard a.p.
radiographs (2Dwear), and three-dimensional methods (3Dwear), including multi-plane ra-
diographs (RSA) within a specialized radiological setup or a multilayer stack of radiographs
(CT, MRI) of the artificial hip. However, modern 2Dwear methods are developed and used
to detect standard UHMWPE cups with a wear rate between 0.1 mm and 0.2 mm/year [10].
Teeter et al. [15] reported 13 year results and found a wear rate of 0.08 ± 0.03 mm/year for
a conventional polyethylene and of 0.04 ± 0.02 mm/year for a crosslinked polyethylene.
Wear was measured using RSA as a 3Dwear method. Within a 7-year follow-up clinical
trial, the in vivo total wear data for vitamin E-diffused highly crosslinked polyethylene
was reported to be 0.03 mm (SD 0.25), which was lower in comparison to a moderately
crosslinked polyethylene of 0.04 mm (SD 0.29) [12]. Consequently, this means that the
radiological methods mentioned above must have a sufficiently high resolution to measure
beyond these values. With regard to the aforementioned dimensions of PE wear to be
determined, it becomes clear in which resolution range the applied measuring methods
must be able to work. It should be mentioned that the biological reaction to wear particle
size and their quantity with different PE configurations is not the subject of this paper.

2Dwear measurements based on conventional a.p. radiographs of the hip prosthesis are
common in clinical routines since these radiographs are available at any hospital without
the need for additional specialized equipment. However, these approaches yield only a
2D characterisation of the present wear and demonstrate less sensitivity to radiographic
projection differences [16]. According to the sensitivity and the resulting radiographic
projection differences, Collier et al. [17] reported that the accuracy of wear results varied
with acetabular component angulations. It could be stated, thus, that the greater the change
of acetabular component angulations within the images, the larger the magnitude of wear
measured. A general problem and limitation within a 2Dwear approach is the detection of
wear which occurs out of the image plane of the a.p. radiographs [18].

Ilchman et al. [19] compared clinical hip wear data in 13 patients with THA 3 years
after surgery using 4 different radiological methods: (i) RSA, (ii) the Scheier–Sandel method,
(iii) the Charnley–Duo method and (iv) “Ein-Bild-Roentgenanalyse (EBRA)”. Mean (SD)

4
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measurement error for EBRA was, in the worst case, 0.11 mm (±0.12 mm). After excluding
radiographs with the presence of a pelvic tilt (rotation around the horizontal axis), the
error decreased to 0.08 mm (±0.11 mm). In comparison to RSA, the mean difference of the
Scheier–Sandel method was reported in a worst case to be 0.l7 mm (SD 0.21 mm) and a best
case to be 0.14 mm (SD 0.25 mm). For the Charnley–Duo method, the mean difference was
0.27 mm (SD 0.27 mm). The EBRA method was found to be the most accurate compared to
the gold standard RSA, and the Scheier–Sandel method was not recommended for wear
analysis. However, Ilchman et al. [19] recommended the Charnley–Duo method, because
this method demonstrated good correlation in relation to the RSA approach as the gold
standard. Within a related paper, Ilchman [20] identified a pelvic tilt as the main error
influencing measured wear results.

Langlois et al. [21] validated the computerized semiautomatic edge detection method
for cemented PE components (Hip Analysis Suite, version 8.0.1.4.3; UCTech the University
of Chicago) within an experimental setting. Accuracy and precision were reported to be
0.060 ± 0.021 mm (mean ± SD) and 0.207 ± 0.099 mm, respectively. In comparison to
validation values of the RSA approach [22], the accuracy was comparable to, and precision
was inferior to, RSA.

Derbyshire and Barkatali [10] reported achieving a similar accuracy to RSA by using a
customized 2Dwear measurement tool. Bias, defined as the mean (SD) error of the simulated
head penetration measurements, was about −0.002 mm (±0.028 mm), and precision was
0.055 mm for this 2D approach.

RSA is a 3Dwear approach which presents an accurate measurement tool for the in vivo
assessment of polyethylene wear in THA [13] and is regarded as the gold standard [16,23].
An associated disadvantage of the RSA approach is its complexity in the acquisition of RSA
image pairs. In addition, a second X-ray source, as well as a calibration box, is required
during image acquisition. Furthermore, special analysis software must be purchased.
However, besides the mentioned additional roentgen equipment, additional X-ray images
are also required, as the standard a.p. radiographs cannot be used for wear detection using
the RSA approach. These additional X-ray images mean an additional radiation exposure
for the patient, which is challenging in the context of radiation hygiene for the patient.

Von Schewelov et al. [24] reported that it was difficult to determine small amounts
of wear in vivo if the RSA method was not used. The accuracy of RSA, irrespective of the
prosthetic component studied or the direction of wear, was reported to be about 0.4; mean
error was reported to be 0.010 mm. These were compared to two 2D approaches, which
demonstrated an accuracy of 1.3 for each and a mean error of 0.19 mm (Charnley–Duo
method) and 0.13 mm (Imagika). However, the authors reported the effect of image quality
as well and applied RSA technology. The results indicated that a digital RSA analysis
decreased the mean measurement error from 0.011 to 0.004 mm. The authors therefore
hypothesized that using a digital RSA measurement setup would probably culminate in
better results [24].

Preoperative planning software enables, in addition to the preoperative planning of
total joint arthroplasty, the measurement of THA wear using standard a.p. radiographs of
the pelvic region. Wear measurement using these kinds of radiographs is conducted for
two reasons. Firstly, wear along the x-axis and y-axis on the coronal plane is extensively
considered to be the site of occurrence of the most wear [25]. Secondly, lateral radiographs
are of low quality and do not meet the requirements for wear measurement [26].

The main question, therefore, is whether a simple measurement method, such as the
mentioned 2Dwear method used in the manuscript, which is integrated within commer-
cially available preoperative planning software can determine the in vivo wear of THA
bearing couples in a manner that is equivalent to the gold standard. The current gold
standard measurement method could be associated with some challenges; likewise, its
complexity in the acquisition of RSA image pairs has been mentioned above. Therefore, if
a clinic has an in vivo wear measuring tool available, e.g., already integrated in a software
solution for preoperative planning, the assessment of its accuracy is essential before its
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clinical application. To the authors’ knowledge, to date, there have not been many studies
comparing 2Dwear with 3Dwear methods to detect acetabular cup insert wear. There is no
data available within literature which validates the investigated 2Dwear approach. Testing
the interchangeability of a 2Dwear method next to the gold standard RSA is rarely described
in the literature; the potential influence of the pelvic orientation onto wear measurement
outcomes is also rarely described in the literature. Therefore, pelvic positioning could be
added as an influencing factor within this investigation.

The aims of this experimental study are:

(1) to evaluate the interchangeability of 2Dwear next to the gold standard 3Dwear method
by comparing the accuracy and reproducibility of both methods;

(2) to determine further the extent to which the two different methods are influenced by
changing pelvic orientation.

The authors hypothesize that the 3Dwear detection method would show higher precision
and accuracy than the 2Dwear detection method and be insensitive to pelvic misalignment.

2. Materials and Methods

The measurement protocol required a measurement setup that was capable of imaging
an implant-bone model with two radiographic wear detection methods in parallel. The
same implant-bone model setting was presented within the resulting radiographs. Out of
these RSA and a.p. radiographs, the linear wear was detected by both methods.

2.1. Measurement Setup

A classical radiological setup using ceiling-fixed roentgen tubes (Multix RD 82477-
01 Vertix ACS, Siemens, Berlin, Germany) to acquire standard a.p. pelvic radiographs
was used (Figure 1a). While changing the classical radiological setup to a uniplanar
RSA setup, the implant-bone model positions on the roentgen table were unchanged
(Figure 1b). The uniplanar RSA setup consisted of a ceiling-fixed (Multix RD 82477-01
Vertix ACS, Siemens, Berlin, Germany) and a mobile roentgen tube (Mobilett Plus, Siemens,
Berlin, Germany), which were arranged relative to a calibration box (Umea Cage 43, RSA
BioMedical Developments AB, Umea, Sweden). The implant-bone model was located
within the intersection of the two X-ray beams. The two X-ray tubes were triggered
manually for simultaneous generation of RSA radiographs (Figure 1c).

2.2. Implant-Bone Model

The implant-bone model should make it possible to simulate a sequential linear
penetration of the femoral ball head into the acetabular cup insert. This penetration is used
to simulate polyethylene (PE) wear.

A synthetic femoral and pelvic model (Sawbone Foam Cortical Shell, Pacific Research
Laboratories Inc., Vashon, WA, USA) presented the basic elements of the implant-bone-
model (Figure 2). Within the synthetic femoral bone model, an uncemented stem compo-
nent (VECTOR-TITAN, Peter Brehm, Weisendorf, Germany) was inserted according to
all rules of a surgical THA procedure. Onto the taper of the femoral stem component, a
32 mm cobalt-chromium ball head was connected. The ball head was positioned as the
reference position in the center of an uncemented, 58 mm titanium acetabular cup without
PE insert (PHÖNIX-TITAN, Peter Brehm, Weisendorf, Germany), which was implanted
into the acetabulum of the synthetic pelvic bone. The femoral bone model was rigidly
fixed to 3D micrometer screw equipment (Mitutoyo, Kanagawa, Japan), which enabled
a movement of the femoral stem-head junction around three degrees of freedom along
medio-lateral, cranio-caudal, and anterior-posterior axes relative to the global coordinate
system cup. This free mobility was possible because only the metallic cup component was
used without a PE insert inside.
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Figure 1. Radiological setup. (a) Classical set up to generate an a.p. radiograph of the pelvis. The
implant-bone model is located in the middle of the central X-ray beam. (b) When X-ray tubea.p. shifts
to the X-ray tubeRSA-right position, the classical radiological setup is converted to (c) a uniplanar RSA
setup. Both roentgen tubes are arranged at an angle of 20 deg to the vertical above the calibration
box. The implant-bone model is located at the intersection of both X-ray beams.

Figure 2. A schematic drawing of the implant-bone model with a femoral and pelvic element in
(a) the reference position and (b) the follow-up position. The femoral part of the implant-bone
model was moved according to the measurement protocol by the three screws (see Section 2.3). The
alignment of the implant-bone model, as well as the wear simulation and pelvic positions, were
performed according to the global coordinate system: medio-lateral axis (x-axis), cranio-caudal axis
(y-axis), and anterior-posterior (z-axis).

Additionally, the pelvic element of the implant-bone-model could be relatively aligned
to the femoral stem-ball head junction. In summary, the pelvis could be positioned in seven
different positions.
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2.3. Measurement Protocol

In accordance with the study protocol of Stilling et al. [27], 3 different wear settings
were predefined, all of which could be mimicked by the implant-bone-model: low wear
(0.01 to 0.05 mm), medium wear (0.1 to 0.5 mm), and high wear (1 to 5 mm). For each
individual wear setting, a 3D wear vector could be simulated, which was defined as a set
point value, representing the calculated true vector length by use of Pythagoras’ theorem.

According to the wear setting (low, medium, high), the micrometer screws increased
sequentially along medio-lateral, cranio-caudal, and anterior-posterior axes of 0.01 mm,
0.1 mm, and 1 mm, respectively.

In addition to a neutral pelvic position (Figure 3a), the pelvic model element could
be aligned in six other positions: pelvic tilt (Figure 3b), pelvic obliquity (Figure 3c), and
pelvic rotation (Figure 3d). A reference and follow-up radiographs—the RSA image pair
and classical a.p.—were taken before (as reference) and after (follow up) the performed
measurement protocol. All the iterative simulations for the wear and pelvic position
protocol were repeated five times.

Figure 3. Pelvic model element and its alignment options. (a) Local coordinate system based on an anatomical axis of the
pelvic model element. (b) Anterior/posterior inclination up to ±5 deg of so-called pelvic tilt, presenting a motion within the
sagittal plane, representing rotation around the medio-lateral axis. (c) Lateral inclination up to ±5 deg of so-called pelvic
obliquity, presenting a motion within the frontal plane and rotation around the anterior-posterior axis. (d) Pelvic rotation up
to ±5 deg, presenting a motion within the transverse plane and rotation around the cranio-caudal axis.

2.4. Data Analysis

The resulting radiographs of the implant-bone model setting from the three wear simula-
tion protocols and seven pelvic orientations were analysed by 2Dwear and 3Dwear approaches.

For the 2Dwear method, wear analysis was performed using plain radiographs and
the wear analysis tool of a standard digital surgical planning software (mediCAD Classic,
version 5.1, mediCAD Hectec GmbH, Landshut, Germany). Wear detection could be per-
formed with two or more follow-up radiographic images. According to the instructions for
use provided by the manufacturer, the wear procedure was only applicable for acetabular
cups with a spherical outer contour and a bearing couple PE inlay with a ceramic or metal
ball head. Radiographs required the presence of a calibration sphere within the radiographs
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(original mediCAD calibration sphere, diameter: 25 mm; tolerance: ±0.1 mm). To enable
THA wear detection within two scaled X-ray images, a correctly drawn reference line,
detected ball head centres, and acetabular cup centres were required. The reference line
was located and defined by the Köhler’s “tear drop” or by the tangent of the os ischii.
The centre of the femoral ball head was defined by the centre point of a circle over three
detected points on the circumference of the femoral ball head. This procedure was done
manually by the clinician or technician performing the analysis. The same procedure
was carried out for the acetabular cup component: with three points on the cup rim, the
resulting centre point of the circle was created by the software.

For the 3Dwear method, wear analysis was performed using RSA image pairs and a
model-based RSA approach using elementary geometrical shape (EGS) models to calculate
wear (MBRSA v.4.1, RSAcore, LMUC, Leiden, The Netherlands). EGS model spheres
and hemispheres were used to represent the femoral ball head and the acetabular cup
component. Scaling of these EGS models was performed according to the known diameter
of both components. Counter-detection for the ball head and cup was performed at the
region of interest within the left and right RSA image pair. Pose estimation algorithms
matched the detected contour within the RSA image pair (actual contour) to the virtual
contour of the EGS models, until the three-dimensional pose and orientation of the models
within the RSA image pair were matched. Relative wear, presenting the displacement of the
centre of the ball head model with respect to the cup model, was calculated in consecutive
examinations relative to the reference (baseline) examination.

The wear results obtained from 2Dwear and 3Dwear approaches were compared to
set-point wear values.

2.5. Statistics

The statistical analysis was performed using the statistical software package SPSS
for Windows (Version 23, SPSS Inc., Chicago, IL, USA). In order to compare the two
methods, precision and accuracy were evaluated. Precision was indicated as the standard
deviation (SD) of the repeated measurements. Accuracy was defined as the bias, which
was described as the average difference between the measured and true values. Box plots
to visualize data distribution or outliers were plotted, as well as Bland–Altman plots [28]
to assess the interchangeable applicability of the 2Dwear next to the golden standard
3Dwear method. Within these scatter plots, the calculated differences for detected wear
by both methods were plotted against their average value. The limit of agreement (LoA)
was set to mean ± 1.96 standard deviations of the measured differences, representing
approximately 95% of all measured values. The influence of pelvic position was statistically
proven using a paired t-test or Wilcoxon matched-pair signed-rank test, which was applied
between each paired wear position depending on whether the difference between the two
positions conformed to a normal distribution. The level of significance was adjusted to
p < 0.05.

3. Results

Precision and accuracy values of the 3Dwear approach were all within the range
of a hundredth of a millimeter. Values were below 0.054 mm (precision) and 0.025 mm
(accuracy), respectively, for the three wear protocols. In comparison to 2Dwear methodology,
these values were all within the range of a tenth of a millimeter, below 0.304 mm and
0.263 mm, respectively.

Overall precision was 0.206 mm for the 2Dwear and 0.043 mm for the 3Dwear approach
(Table 1). For overall accuracy, an identical trend was observable. With an accuracy value
of 0.159 mm, the 2Dwear approach was worse in comparison with the 3Dwear methodology,
with an accuracy value of 0.017 mm (Table 2). Only within the medium wear group, the
accuracy of the 2Dwear approach was 0.069 mm below 0.1 mm, and for detectable wear in
this range, close to the 3Dwear value of 0.011 mm.
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Table 1. Precision (SD) of overall and individual wear groups in 2Dwear and 3Dwear.

2Dwear [mm] 3Dwear [mm]

In total 0.206 0.043
Low 0.107 0.033

Medium 0.154 0.038
High 0.304 0.054

Remark: SD = standard deviation.

Table 2. Accuracy (bias) of overall and individual wear groups in 2Dwear and 3Dwear.

2Dwear [mm] 3Dwear [mm]

In total 0.159 0.017
Low 0.146 0.025

Medium 0.069 0.011
High 0.263 0.016

The wear results of the 3Dwear approach did not change significantly with a change in
pelvic position (Figure 4). Significant changes in wear results could be identified only for
the pelvic lateral tilted left 5 deg position relative to the pelvic neutral position (p < 0.05).
The 2Dwear p values illustrated a contrary picture to the findings for 3Dwear. With the
exception of the pelvic lateral tilted left 5 deg position and the pelvic rotated left 5 deg
position, the remaining four pelvic positions showed significantly different wear results
(p < 0.05) relative to the pelvic neutral position.

Figure 4. Box plot between 2Dwear and 3Dwear (the x-axis reveals different wear positions, and the
y-axis reveals the difference between the measurement value and true value. The blue and brown
boxes illustrate 2Dwear and 3Dwear, respectively. Stars (*): p < 0.05).

The assessment for interchangeable applicability of the 2Dwear next to the 3Dwear
wear approach within the neutral pelvic position scenario indicated the largest range of
the LoA for high wear group. LoA ranged from a minimum of −0.16 up to 0.49 mm
(mean difference: 0.16 mm), as well as from a minimum of −0.06 up to 0.20 mm (mean
difference: 0.07 mm) for the low wear group, respectively (Figure 5). For different pelvic
orientations, the largest LoA was observed in the high wear group, with values ranging
from −1.06 to 1.36 mm (mean difference: 0.15 mm) within the pelvic lateral tilted right
5 deg position (Table 3). The lowest LoA existed in the medium wear group and was from
−0.24 to 0.25 mm (mean difference: 0.00 mm) within the pelvic rotated left 5 deg position.
In general, LoAs were increased for changed pelvic positions relative to the neutral position
within all the wear groups.
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Figure 5. Bland–Altman [28] scatter plots in the pelvic neutral position between 2Dwear and 3Dwear

for (a) the low wear group (b) the medium wear group and (c) the high wear group. Each data point
of the plots presents the computed differences between the 2Dwear and 3Dwear approach (ordinate),
which is plotted versus the mean difference (abscissa) of both methods, respectively. LoA is visualized
by the horizontal lines, representing the mean value of calculated differences, and the two dashed
lines (mean ± 1.96 SD) represent bounding criteria.
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Table 3. Mean value with upper and lower LoA for six changed pelvic positions.

Protocol
Tilt

Forward
Tilt

Back
Rotation

Left
Rotation

Right

Lateral
Tilted
Left

Lateral
Tilted
Right

Low
wear

LoA (↑) 0.29 0.37 0.29 0.27 0.38 0.42
mean 0.07 0.15 0.11 0.12 0.14 0.18

LoA (↓) −0.15 −0.07 −0.07 −0.02 −0.10 −0.06

Medium
wear

LoA (↑) 0.54 0.41 0.25 0.32 0.34 0.39
mean 0.07 0.10 0.00 0.07 0.03 0.11

LoA (↓) −0.40 −0.21 −0.24 −0.17 −0.28 −0.17

High
wear

LoA (↑) 0.76 0.75 0.61 0.82 0.52 1.36
mean 0.37 0.32 0.23 0.33 0.17 0.15

LoA (↓) −0.03 −0.11 −0.16 −0.17 −0.18 −1.06

Remark: Bold values indicate LoA with the highest and lowest ranges.

4. Discussion

In vivo wear of THA could be detected by 2D and 3D measurement techniques. Within
this experimental study, a 2Dwear approach was compared to the gold standard 3Dwear
methodology, the RSA method. The results indicated superior accuracy (0.017 mm) and
precision (0.043 mm) of the 3Dwear method in comparison to the 2Dwear approach (Tables 1
and 2). No significant effect of mal-aligned pelvic positions on the 3Dwear measurement
outcome existed. These results of the 2D and 3D measurement techniques could be
confirmed already by Ilchman et al. [20] and the results of Stilling et al. [27].

Ilchman et al. [20] detected in vivo wear by four different methods: (i) RSA, (ii) the
Scheier–Sandel method, (iii) the Charnley–Duo method, and (iv) EBRA. The 2D EBRA
approach was observed to be the most accurate 2Dwear approach in comparison to the gold
standard (RSA). After excluding radiographs with the presence of a pelvic tilt (rotation
around the horizontal axis), the measurement error was 0.08 ± 0.11 mm (mean ± SD),
which was superior to the investigated 2Dwear approach of this study, but inferior to the
RSA result.

Stilling et al. [27] reported precision for RSA and a 2D method (Poly Wear 3D Pro
5.10, Draftware Developers Inc., Vevay, Indiana) as 2D wear measurements of 0.078 mm
and 0.076 mm and for 3D wear measures of 0.189 mm and 0.244 mm, respectively. In
comparison to the outcome of this study, the 3Dwear (as the RSA method using EGS models)
was within 0.043 mm of the prior results of Stilling et al. [27], but the 2D approach (Poly-
Wear) performed better than the applied 2Dwear method (mediCAD) in this study, with
0.206 mm (Table 1). However, for reported accuracy, the results of Stilling et al. [27] for
2D measures of 0.055 mm (RSA) and 0.335 mm (Poly-Wear) and 3D measures of 0.2 mm
and 0.3 mm respectively, were worse in comparison to the investigated 3Dwear and 2Dwear
approach of this study, with 0.017 mm and 0.159 mm, respectively (Table 2).

In contrast, clinical validation of 12 patients undergoing total hip replacement surgery
by the same wear measurement tools showed similar repeatability of PolyWare and RSA
with a LoA of ± 0.22 mm and ± 0.23 mm, respectively, and good concurrent validity
between them with limits of agreement of ± 0.55 mm [29]. LoA of this experimental study
range in a worst case (high wear protocol) from −0.16 up to 0.49 mm (mean difference:
0.16 mm) to a best case (low wear protocol) from −0.06 up to 0.20 mm (mean difference:
0.07 SD) (Figure 5). There seemed to be a discrepancy in accuracy between clinical and
experimental images.

Based on the results of this investigation and the available literature, the 2Dwear
detection technique could be used to some degree as a substitute for the 3D technique
to investigate in vivo wear. Langlois et al. [21] reported for Martell’s Hip Analysis Suite
software (version 8.0.1.4.3; UCTech the University of Chicago) accuracy and precision as
mean ± SD to be 0.060 ± 0.021 mm and 0.207 ± 0.099 mm, respectively. A mean bias of
0.089 mm and reproducibility of 0.106 mm existed for this 2D approach. The bias of this
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investigation is a quarter less of the value for the 3Dwear approach. 2Dwear bias is, for the
medium wear protocol, approximate to the results of Langlois et al. [21] for high and low
wear protocols of inferior accuracy.

Derbyshire & Barkatali [10] reported for their customized software (programmed in
C++ language) a mean error of −0.002 mm. The precision was 0.055 mm and the performed
comparison tests with the RSA method showed similar accuracy. Hui et al. [30] investigated
the outcome of two in vivo methods (PolyWare and Martell Hip Analysis Suite) with the
direct wear measurement of the articulating surface of the retrieved polyethylene liners.
Wear was detected by a coordinate measuring machine. Results suggested that both 2D
methods accounted for the majority of 3D ex vivo results. Martell et al. [18] analysed
radiographs of 140 patients using both 3D and 2D techniques and showed that 3D analysis
detected 10% more wear, but its repeatability was four times worse than 2D. The decrease
in repeatability was explained by the authors by poor quality of the lateral radiographs.

Taking into account that 2Dwear methods were used originally to measure wear rates
less than 0.2 mm/year for UHMWPE cup inserts [10] and that a decreased rate with
vitamin E-diffused or crosslinked polyethylene to 0.04 mm or less [12,15] is possible, the
gold standard RSA is certainly to be given preference in the clinical measurement of wear
in vivo.

In clinical practice, anteroposterior pelvic radiographs are standard to monitor the
performance of THA. This radiological image material has the advantage that it can be
widely applied at any follow-up point in place of RSA. However, the pelvis is often
not in a neutral position at the time of X-ray generation due to patient or radiology
technician factors. Patient factors are usually due to lumbar spine disease or hip pain. The
technician factor is usually a lack of compliance with standard specifications or quality
control for radiographs. This affects the projection of the implant component within the
X-ray, resulting in errors in wear measurements for the applied 2Dwear technique. It must
be taken into account that wear measurements of the investigated 2Dwear or 3Dwear
approach could be influenced by subjective error by the clinician or technician performing
the analysis. A possible error source could be point detection defining the centre point of
the ball head via a circle over three detected points within the 2Dwear approach. Similarly,
within the 3Dwear method, a user interaction is also necessary and may result in a subjective
error. However, many of the points needed to be defined and produced by the application
of edge detection algorithms, for which thresholds are determined by the user. In the
context of point detection in the 2Dwear approach, the detection of the points is manual
in nature. Accordingly, a user interaction is also present here, which can cause higher
subjective errors. The difference compared to the gold standard RSA method is that within
the 2Dwear, no points are specified by image processing algorithms. However, intra- and
interrater reliability was not investigated within this study.

Please take into account that the investigated approaches are only applicable for hard-
soft bearings. According to standard analysis protocols for both technologies, the contours
of the ball head, which are within the X-ray located inside the acetabular insert, must be
detectable. For hard-hard bearings, this yields poor image quality, which makes it difficult
to detect the exact outline of the ball head. However, this visibility problem represents a
problem for the RSA method as well [27,31]. In summary, these facts limit the application
of the investigated 2Dwear method to a fraction of the existing THA systems and bearing
couples in the “real world”.

5. Conclusions

Based on the results of this investigation, it can be concluded that a 3Dwear method
presents the best methodological approach to detect linear wear of THA in vivo. The
accuracy and precision of the 3Dwear method are superior to the 2Dwear approach. When
using a 3Dwear approach, pelvic positioning will not affect the measurement outcome.
Associated disadvantages of such specialized 3Dwear methods, such as RSA, are as follows:
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• The acquisition of additional RSA radiographs compared to standard a.p. X-rays is
required, resulting in additional radiation exposure for patients;

• Additional necessary equipment is required for RSA, such as a calibration box or a
second X-ray tube;

• No wear for hard-hard bearings is detectable.

However, the investigated 2Dwear method can be an alternative approach if several
conditions are met. Especially in the medium wear group (simulated wear between 0.1 mm
to 0.5 mm), this approach presents an alternative to 3Dwear. Due to the influence of
pelvic position factors, 2Dwear is more susceptible to poorly aligned positions of the pelvis.
Therefore, the pelvis should be kept in a standard neutral position during image capturing
so that 2Dwear can obtain accurate results. A significant advantage is that this approach
enables wear detection using standard a.p. radiographs of the treated hip joint, meaning
no additional radiation exposure for patients.
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Abstract: Cemented implant fixation in total joint arthroplasty has been proven to be safe and reliable
with good long-term results. However, aseptic loosening is one of the main reasons for revision,
potentially caused by poor cementation with low penetration depth in the cancellous bone. Aim of
this prospective laboratory study was, to compare impact pressure and cleaning effects of pulsatile
saline lavage to novel carbon dioxide lavage in a standardized carbon foam setup, to determine
whether or not additional use of carbon dioxide lavage has any impact on cleaning volume or
cleaning depth in cancellous bone. Carbon specimens simulating human cancellous bone were
filled with industrial grease and then underwent a standardized cleaning procedure. Specimens
underwent computed tomography pre- and post-cleaning. Regarding the impact pressure, isolated
carbon dioxide lavage showed significant lower pressure compared to pulsatile saline lavage. Even
though the combination of carbon dioxide lavage and pulsatile saline lavage had a positive cleaning
effect compared to the isolated use of pulsatile saline lavage or carbon dioxide lavage, this was not
significant in terms of cleaning volume or cleaning depth.

Keywords: carbon dioxide lavage; pulsatile lavage; joint arthroplasty; bone preparation; cement;
total knee arthroplasty; total hip arthroplasty

1. Introduction

Cemented implant fixation in total joint arthroplasty has demonstrated to be a reliable
and safe procedure with excellent long-term results [1–4]. However, there are many re-
gional differences if cemented or non-cemented fixation is performed. Regarding cemented
fixation in total hip arthroplasty, those differences vary from 76% (Sweden) to 29% (Den-
mark) [5]. National registries demonstrate slight differences in the technique for total knee
arthroplasty as well. In Germany, the Netherlands and New Zealand, 95% and more of
total knee arthroplasties are performed using the cemented technique [6–8], whereas in
Sweden it was only 92% in 2019 [9].

Despite regional differences in the choice of technique, the procedure for cemented
arthroplasty is standardized. In total knee arthroplasty this includes to use high-pressure
pulsatile saline lavage irrigation, drilling holes into the tibia, drying the bone and applying
vacuum-mixed-cement to both, implant and bone [10]. In total hip arthroplasty third
generation cementing technique is performed. This includes preparing bone bed properly
by aggressive rasping, using high-pressure pulsatile saline lavage irrigation, using a distal
cement restrictor, applying vacuum-mixed-cement in retrograde technique into the femur
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via cement gun, pressurizing the cement and inserting the stem with a distal centralizer [11].
Despite improved technique of cementing, aseptic loosening is still the main reason for
revision after cemented total knee and hip arthroplasty [6,12,13].

Implant stability can be increased by adequate cleaning of the bone bed prior to cement
application. In addition, pulsatile lavage can have a protective effect on implant stability
in case of reduced bone density [14]. This preparation requires removal of bone marrow
containing residual bone material, blood and fat. Even the presence of blood between bone
and cement can reduce integrity of bone-cement interface [15]. Bone cement interface and
penetration depth of cement are directly related to prior cleaning. For stable anchorage,
desired cement thickness is described as 2–5 mm [16,17]. With this cement penetration
depth, implant failure rates are significantly lower compared to cement thickness below
2 mm [18]. In addition, harmful thermal effects of polymerizing cement are not observed,
which are described for a cement thickness of more than 5 mm [19,20].

A reliable method for this crucial cleaning procedure of cancellous bone is using saline
high-pressure pulsatile lavage and subsequent drying of bone bed with abdominal cloth
and suction. However, after this procedure liquid and fatty material often remains and
may prevent cement from penetrating in the desired depth into the cancellous bone. Many
studies have shown, that cleaning cancellous bone using pulsatile lavage is more efficient
than manual rinse cleaning by bladder syringe alone [21–25]. For the application of pulsatile
lavage, different rinsing pressures are recommended in the literature depending on the area
of application or tissue type, since pulsatile lavage is used to clean contaminated wounds as
well. When comparing pressures of these procedures, it is important to distinguish whether
the pressure specifications are “output pressure” or “impact pressure”. The US Department
of Health and Human Services recommends an impact pressure between 0.03 N/mm2

(4 PSI) and 0.10 N/mm2 (15 PSI) for cleaning wounds [26]. This recommendation is
based on a number of studies that have shown a pressure of less than 0.03 N/mm2 being
inefficient in removing surface pathogens. Also, pressure of more than 0.10 N/mm2 can
potentially facilitate bacterial contamination in deeper tissue layers or cause traumatic
soft tissue damage. Regarding the topic of this study, much higher pressures for cleaning
cancellous bone have been reported in the literature. They reach from 0.48 N/mm2 (70 PSI)
to 0.59 N/mm2 (85 PSI) [27,28].

A novel type of high-pressure carbon dioxide lavage, which is recommended for
usage after standard saline lavage, is designed to advance cleaning and simultaneous
drying of the bone [29]. A cadaveric study demonstrated that a combination of pressurized
carbon dioxide and common pulsatile saline lavage produced a significantly deeper bone
cement penetration than saline lavage alone [30]. Another study from 2019 showed that by
using sterile compressed CO2 in addition to the established pulsatile lavage, a significantly
deeper cement penetration in three of seven defined zones (Knee Society Radiographic
Evaluation System) could be achieved in 303 total knee endoprosthesis [31]. In addition
bone cement interface was stronger in an experimental study using human radii [32].
However, cases of embolic events using carbon dioxide lavage in intramedullary cleaning
during cemented hip arthroplasty have been reported [33,34].

Aim of this prospective laboratory study was to compare impact pressure and cleaning
effects of pulsatile saline lavage to novel carbon dioxide lavage in a standardized carbon
foam setup and to determine whether or not additional use of carbon dioxide lavage has
any impact on cleaning volume or cleaning depth in cancellous bone.

2. Materials and Methods

First, we investigated impact pressure to the surface of two different devices. This
was followed by measurements of cleaning volume and cleaning depth of the two devices
and their combination in a standardized laboratory setting.
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2.1. Devices and Investigated Carbon Specimens
2.1.1. Lavage and Cleaning Systems

In an in vitro study, we investigated the bone cleaning effect of carbon dioxide lavage
compared to pulsatile lavage and in addition to pulsatile bone cleaning. We used the Inter-
Pulse (Stryker, Kalamazoo, MI, USA) for conventional bone cleaning with saline solution
and the CarboJet (Kinamed, Camarillo, CA, USA) for carbon dioxide cleaning (Figure 1).
The bone cleaning tip (REF 0210-010-00) for the InterPulse and the supplied Wide-Angle-
Knee-Nozzle of the CarboJet were used for the experiments (Figure 1). To investigate the
impaction pressure, the cleaning systems were divided into the InterPulse and CarboJet
group. For the analysis of the cleaning effect, the two systems were investigated separately
and in combination. This resulted in the groups InterPulse (A), CarboJet (B) and InterPulse
+ CarboJet (C).

Figure 1. (left) Handpiece of InterPulse by Stryker. (right) Handpiece of CO2 lavage CarboJet
by KINAMED.

2.1.2. Determination Impact Pressure

The impact pressure of both investigated lavage systems was determined under
standardized condition. Therefore, we used a custom-made setup with mounting platform
for the lavage systems and a target with integrated force measuring plate (Figure 2). Each
lavage system was firmly fixed on the movable mounting platform. This was necessary
to place the tip with splash shield for the InterPulse and the nozzle for the CarboJet at
a defined distance of 2 mm in front of the force measuring plate (Figure 2). A distance
of 2 mm was maintained to avoid interference between the force plate and the tip due to
the flushing liquid or carbon dioxide. The flushing medium was applied centrally onto
the force plate. The distance of the tip of the saline lavage device to the force measuring
plate was specified by the splash shield (Figure 1, left). For the InterPulse this was 17 mm
(15 + 2 mm) and in case of the CarboJet, the distance was 2 mm because there was no
splash shield.

Figure 2. Force measuring plate with 2 mm distance to the CO2 nozzle.

The impact pressure was calculated by dividing the force and the area of the nozzle
orifice (Figure 3). The nozzle openings of the two lavage systems investigated were
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measured using a calibrated digital microscope (Digital Microscope VHX-500 by Keyence,
Osaka, Japan). Both lavage systems were tested four times within the first minute of
powering up. The force values were recorded at a sampling rate of 1000 Hz and the mean
values were calculated.

Figure 3. Top view of: (left) Stryker- InterPuls bone cleaning tip, (right) KINAMED—CarboJet
Wide-Angle Knee—Nozzle.

2.1.3. Determination of the Cleaning Effect

The two lavage systems were divided into group InterPulse (A), CarboJet (B) and
InterPulse + CarboJet (C) as described. A sample size of 10 specimens per group (30 in total)
were used. In case of the InterPulse a saline irrigation volume of one liter per specimen
was used. The cleaning distance was determined by the splash shield. Following the
manufacturer’s specifications, a cleaning duration of 30 s was used for the CarboJet.

The determination of the cleaning effect of the investigated lavage systems were
performed using validated and standardized carbon foam specimens (RVC foam; ERG
Materials and Aerospace, Oakland, CA, USA) as substitutes for human cancellous bone [35].
The carbon specimens showed a porosity of 30 PPI (pores per inch), which corresponds
to 1.2 PPM (pores per millimeter). During the manufacturing process, the specimens
were compressed twice, resulting in similar trabecular bone structure (Figure 4, right).
The carbon foam specimens were filled with standardized technical fat (Bechem Rhus FA
37; Carl Bechem GmbH, Hagen, Germany), to simulate human bone marrow [36]. One
ingredient of the fat was an aluminum-complex soap which we used as contrast medium
for the radiological analysis. The fat-filled carbon specimens were coated with a shrink-on
tube simulating the cortex (Figure 4, left).

Figure 4. (Left) Fat filled carbon specimen with shrink tube, (right) close up of Carbon foam.

The evaluation of cleaning effects was determined by using computer tomography
scans (SOMATOM Emotion, Siemens Healthcare GmbH, Erlangen, Germany). For this
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purpose, the fat-filled specimens were scanned before and after cleaning with a slice
thickness of 0.75 mm. For volume determination, a reference volume was recorded for
each scan. The segmentation and calculation of the cleaning volume was performed with
the software itk-Snap [37]. The mean flushing depth was calculated using the volume and
the geometric parameters. Exclusion criteria were air inclusions or if specimens would not
have been fully filled with fat. One specimen in Group A had to be excluded due to air
inclusions that would have biased the cleaning effect. Therefore, only 9 out of 10 samples
could be analyzed for Group A. Beyond that, no other specimens had to be excluded.

2.2. Statistics

Using SPSS V.25 (IBM Corp. Released 2017. IBM SPSS Statistics for Windows, Version
25.0. Armonk, NY: IBM Corp., Armonk, NY, USA) a descriptively data analysis was
performed. A Shapiro- Wilk test was used to test for normal distribution. A t-test was
done to detect significances in impact pressure. Analysis of variance (ANOVA) was used
to determine if there are significant differences regarding cleaning effects. p < 0.05 was set
to be the significance level.

3. Results

3.1. Impact Pressure

The t-test revealed a statistically significant difference for the impact pressure between
the InterPulse 0.76 ± 0.02 N/mm2 and CarboJet 0.12 ± 0.01 N/mm2 group, t(3.4) = 59.0,
p < 0.001, (95% CI [0.61–0.68]). Whereas this was a mean difference increase of 0.64 N/mm2

for the InterPulse system (Figure 5).

Figure 5. Impact pressure in N/mm2.

3.2. Cleaning Effect

The ANOVA-test comparing cleaning volumes showed no statistically significant
difference between the InterPulse, CarboJet and the combination of both, F(2,26) = 1.14,
p = 0.334 (Table 1, Figure 6). Cleaning depth showed also no significant differences between
the investigated groups, F(2,26) = 1.07, p = 0.259 (Table 1, Figure 7).

Table 1. Mean cleaning volume and cleaning depth in carbon foam specimens.

Mean Cleaning Volume Mean Cleaning Depth

InterPulse 2832.1 ± 1236.6 mm3 2.1 ± 0.9 mm
CarboJet 2755.4 ± 906.3 mm3 2.1 ± 0.7 mm

InterPulse + CarboJet 3428.4 ± 1100.0 mm3 2.6 ± 0.8 mm
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Figure 6. Volume of removed grease in standardized carbon foam specimens.

Figure 7. Cleaning depth in mm in standardized carbon foam specimens.

4. Discussion

The use of pulsatile lavage is known to enhance the fixation of cemented total knee
arthroplasty [38]. Highly significant improvements of cement penetration into cancel-
lous bone can be demonstrated in vitro comparing manual rinsing and pulsed saline
lavage [25]. In addition, cleaning of cancellous bone leads to improved cement penetra-
tion and therefore to a stronger bone cement interface, which reduces the probability of
aseptic loosening [18,39]. However, aseptic loosening is the main reason for revision in
cemented total knee and hip arthroplasty [12,13]. Modern cementing technique requires
pulsed saline lavage, drying bone by abdominal cloth and suction, drilling holes in the
tibia and applying vacuum-mixed-cement either on both, metal and bone in total knee
arthroplasty, or filling the femur in retrograde technique using a cement gun in total hip
arthroplasty. Considering this, many factors besides the cancellous bone cleaning result can
affect cementation. Bone density or sclerotic bone also can cause reasonable differences [40].
Cement storage temperature, humidity, cement viscosity or timing of cement application
are other aspects that have to be considered [41,42].
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In our experimental in vitro study, we compared a standard high-pressure pulsatile
saline lavage to a novel lavage system using compressed carbon dioxide to enhance
cleaning efficiency of cancellous bone under standardized conditions. Cancellous bone
was simulated by standardized fat-filled carbon foam. In this experimental setup, impact
pressure was applied to a force-measuring-plate. We detected significantly higher pressures
in pulsatile saline lavage (InterPulse) than in pressurized carbon dioxide lavage (CarboJet).
Although we showed higher cleaning volume and deeper penetration in carbon foam,
when using carbon dioxide lavage additionally to high-pressure pulsatile saline lavage
(Group C) these differences were not significant. Similar results were obtained for the
single use of carbon dioxide lavage (Group B) in comparison to the single use of pulsatile
saline lavage (Group A) (Figures 6 and 7).

So far, there is only limited data available about carbon dioxide lavage. A cadaveric
study in 10 knees in 2016 demonstrated that a combination of pressurized carbon dioxide
and common pulsatile saline lavage produced a significantly deeper bone cement pene-
tration than saline lavage alone [30]. In addition, another study demonstrated that bone
cement interface was stronger [32]. In 2019, Gapinski et al. revealed that using sterile
compressed carbon dioxide in addition to the established pulsatile jet lavage, resulted in
a deeper cement penetration in six of seven defined zones (Knee Society Radiographic
Evaluation System) in 303 total knee endoprostheses. This difference was significant in
three out of seven zones [31].

In this standardized laboratory setup, which was established in earlier studies [35,36],
no significant difference between the three experimental groups was detected although
higher cleaning volumes and cleaning depth using additional carbon dioxide lavage
(Group C) was discovered. In this study the aspect of preparing bone bed prior to cemen-
tation was investigated. Other aspects such as pressure during cementing, viscosity of
cement, remaining blood or fat in the interface or the timing of cement-application were
excluded from the investigations. With this test setup, the ability of carbon dioxide lavage
to clean cancellous bone was examined closely. Whether or not the slightly enhanced
cleaning ability will result in deeper cement penetration remains uncertain. The use of
additional carbon dioxide lavage needs extra devices, sterilization and carbon dioxide
gas cylinders, which need adequate storage and the exact following of safety instructions.
Moreover, the additional time needed for the procedure extends duration of operation
and time of anesthesia. Since we saw similar results for single use carbon dioxide lavage
(Group B) compared to single use of pulsatile lavage (Group A) it has to be considered,
that using carbon dioxide lavage only, might be faster, less wet and more controlled to
saline lavage. Studies showed that using high-pressure lavage to clean contaminated
wounds can cause irreversible insult to tissue, resulting in myonecrosis and dystrophic
calcification [43,44]. Even bacteria can be propagated into soft tissue or significant damage
to the architecture of the bone can occur [45,46]. Therefore, lower impact pressure as
shown in our investigation can hold advantages. Despite these potential advantages case
reports are published showing gas embolisms occurred during femoral intramedullary
usage of carbon dioxide lavage [33,34]. Further investigation focusing on in vivo impact
can help revealing, if a specific range of pressure orchestrates all benefits while avoiding
complications.

In this experimental in vitro study where we compared high-pressure saline lavage to
carbon dioxide lavage and its combination, we detected significant lower impact pressure
and a deeper cleaning effect with carbon dioxide lavage used additionally to high-pressure
pulsatile saline lavage in standardized carbon foam specimens representing cancellous
bone. However, these effects were statistically not significant. We found no evidence
that using carbon dioxide lavage reduces the effect of saline lavage. Using carbon dioxide
lavage only had similar outcomes compared to high-pressure pulsatile lavage. Since aseptic
loosening still is the main reason for implant failure due to poor cementing, better cleaning
of cancellous bone prior to cementing will have a positive effect on implant durability.
In conclusion, using a combination of high-pressure saline lavage followed by carbon
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dioxide lavage showed a clear tendency of resulting in improved cleaning effects prior
to cementing and therefore seems to have a positive effect on stability of endoprosthesis.
Further investigation in human bone and larger clinical trials will determine, if using
additional carbon dioxide lavage will confirm its positive effect on bone cement interface
and therefore on success of endoprosthesis implantation itself.
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Abstract: (1) Background: The femoroacetabular impingement (FAI) type cam leads to a conflict
between the acetabular rim and a bony thickening of the femoral neck junction. While maximal
excursions in flexion, adduction and internal rotation provoke pain, the aim of this study was to
analyze if a cam morphology shows an impact on gait pattern. (2) Methods: Fifty-five patients with
end-stage hip osteoarthritis performed gait analysis before hip replacement as well as three, six and
12 months postoperatively. Thirty-three (60%) of them presented an FAI type cam. An ANOVA was
used to compare the hip angles in sagittal, frontal and transversal planes between patients with a
FAI type cam (group “+cam”) and without (group “−cam”). (3) Results: Before surgery the patients
of the +cam-group showed a tendency towards a reduced flexion and internal rotation at the heel
strike (p > 0.05). Over time, the differences were adjusted by total hip arthroplasty. (4) Conclusions:
We did not find any differences in the gait analysis of patients with a FAI type cam compared to
patients without.

Keywords: hip deformity; femoroacetabular impingement (FAI); gait analysis; range of motion; heel
strike; toe off

1. Introduction

Osteoarthritis of the hip (OA) is an irreversible degeneration of the cartilage that
affects the functionality of the joint due to reduction of the range of motion (ROM). These
limitations result multifactorially from bone remodeling with osteophytes and inflam-
matory processes of muscles, tendons and the joint capsule [1]. The accompanied pain
leads to compensatory movements and relieving postures. Previous studies showed that
patients with hip OA were characterized with a reduced stride length, gait velocity and
maximum joint excursions [2,3]. The surgical treatment of the hip OA with a total hip
arthroplasty (THA) is considered to be one of the most successful orthopedic operations [4].
This procedure leads to a higher physical performance in treated patients with severe OA
compared to untreated patients, as well as to a very high post operational satisfaction in
patients [5]. While older patients usually suffer from an idiopathic joint degeneration, the
OA in younger patients commonly occur due to a specific trigger, in most cases dysplasia or
a femoro-acetabular impingement (FAI) [6]. FAI is an incongruence between the acetabular
rim and the femoral neck. Three different types of an articular FAI were differentiated: FAI
type pincer, FAI type cam and a mixed type. While the type pincer represents a local or
general over coverage of the femoral head, comparable with osteophytes of the acetabular
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rim, the type cam affects the femoral neck with anterior-lateral bone thickening [7]. In
clinical examination, the conflict between the cam morphology and the acetabular rim
could be provoked with a maximal excursion in flexion, adduction and internal rotation
(FADIR or anterior impingement test) [8]. This test leads to pain and shows the restrictions
in the maximum excursions caused by the bony conflict in the presence of an FAI [9,10].
Some studies showed that the presence of a cam deformity influences the gait pattern
and joint moments [11,12]. In spite of joint-preserving surgeries, differences in healthy
individuals were notable or with a questionable clinical relevance [13–15]. Due to studies
showing differences in the gait pattern of patients with a FAI type cam, the aim of the
current study was to analyze if the functionality of the affected joint was comparable after
THA, or if there were notable remaining changes. Another goal was to compare the gait
pattern of patients with hip OA depend on the presence of an FAI type cam.

2. Materials and Methods

This prospective clinical study was approved by the local IRB (4565) and registered
in the German Clinical Trail Register (Trail-ID: DRKS00010421). The primary aim of
the project was to compare the gait pattern between patients who received a short-stem
total hip replacement (METHA, Fa. Aesculap, Tuttlingen, Germany) and cementless cup
(PLASMAFIT, Fa. Aesculap, Tuttlingen, Germany) through a standard lateral approach
and a minimal-invasive antero-lateral approach. Power analysis for this yielded a size
of 30 patients in each group. The current study question regarding the impact of a FAI
type cam represents a secondary aim. Thus, all results only represent assumptions. All
patients provided an informed consent. After written informed consent, the patients were
consecutively included with respect to the following inclusion and exclusion criteria.

Inclusion criteria:

• end-stage, therapy-resistant osteoarthritis of the hip in patients with ages between 18
and 75 years on the day of surgery;

• no deficiency in the motoric and neurologic function of the lower extremity, docu-
mented by the preoperative clinical examination.

Exclusion criteria:

• cardiovascular disease as contraindication for physical exercise, e.g., cardiac insuffi-
ciency (NYHA class IV);

• intake of drugs affecting the patient’s balance;
• changes in balance and sensitivity affecting the lower extremity due to diseases such

as Ménière’s disease, complete loss of eyesight, polyneuropathy, multiple sclerosis;
• previous bony surgery on the affected hip;
• arthrodesis or replacement of the knee or ankle joint.

All patients sustained an end-stage hip OA and were planned for THA. Based on the
axial radiograph of the hip, the alpha angle described by Nötzli was used to determine
the incidence of a CAM impingement in the patient population (alpha angle > 65◦) [16].
As patients with primary OA may build osteophytes around the femoral neck junction,
we decided to enhance the usually used cut-off value for a FAI type CAM from 55◦ to
65◦ to achieve a clearer selection between patients with osteophytes and a bony bump.
Furthermore, the offset and the caput-collum-diaphyseal (CCD) angle was measured on
the native hip joint of the preoperative anterior-posterior (a.p.) pelvic planning radiograph,
standardized in the supine position, to define the hip morphology [17,18]. The measure-
ments were repeated after hip replacement on the control a.p. pelvic at the 12-months
follow-up examination according to our clinical routine. Direct postoperative radiographs
were not used for evaluation due to possible inaccuracies caused by postoperative pain
resulting in limitations of positioning. All radiographs were analyzed with Carestream®

(Carestream Solutions, Vue Solutions).
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The clinical observations were published [19,20]. However, to compare the preopera-
tive findings with the 12-month follow-up results between patients with or without an FAI
type CAM, the Harris Hip Score (HHS) was added.

From the original total study group of 60 patients, five patients (8.3%) were sub-
sequently excluded due to more than two missing follow-up examinations. Two fur-
ther patients missed two (3.3%) and 19 one (31.6%) follow-up examinations. As a result,
34 patients (56.8%) attended all follow-up points. In the case of participation, all data were
attained in total. In accordance with our biometric procedure, the missing values for the
21 patients with one to two follow-ups less could be filled with the results of the previous
values of the earlier one to two examination time points.

2.1. Gait Cycle Analysis

The recording of gait cycle was carried out preoperatively as well as three, six and
12 months postoperatively after THA. To trace the joint movement, 16 reflective markers
of a Plug-In Gait-Marker set were attached to the subject’s skin [21]. These markers were
placed bilaterally over specific bony landmarks (spina iliaca anterior superior, spina iliaca
posterior superior, lateral thigh, lateral epicondyle, lateral lower leg, lateral malleolus,
base of os metatarsale II, posterior calcaneus). To determine the correct orientation of
the markers, as well as to compute the position of the joint centers and the individual
segments of the lower limb, a static standing trial was recorded subsequently. Eight infrared
MX-cameras sampling at 200 Hz were used to track the markers (Vicon Motion Systems
Ltd., Oxford, UK) while the ground reaction forces were measured with two in-ground
mounted force plates type BP400600 sampling at 1000 Hz (AMTI, Watertown, MA, USA).
The captured kinetic and kinematic data were further processed using Nexus software
Version 1.8.5 (Vicon Motion Systems Ltd.), as were spatio-temporal parameters (walking
speed, cadence, step length). For the dynamic measurements the subjects walked a distance
of 10 m barefooted at a self-selected speed. At about 5 m the two in-ground force plates
were located. Ten valid trials were recorded. A trial was counted as valid when the subject
struck each plate with one foot without stepping over the plate’s borderline.

The joint movements of the operated and nonoperated limb in each degree of freedom
(hip: flexion/extension, abduction/adduction, external/internal rotation) were described
in courses of curves. Events of the gait (toe off/heel strike on the in-ground force plates)
were detected automatically. Kinematic and kinetic data were time normalized with respect
to the gait cycle (101 parts, 0–100% of the gait cycle; Figure 1), whereas kinetic data were
additionally normalized to the body weight. The normalization and averaging were
performed with Polygon software Version 3.5.2 (Vicon Motion Systems Ltd.). Single values
were picked out from continuous joint kinematics regarding heel strike (0% of gait cycle)
and toe-off (~60% of gait cycle) for comparisons (Figure 1).
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Figure 1. Mean value graphs (bold lines) with standard deviation (fine lines) of the gait cycles (0–100%) for both patient
groups with (+cam) or without (−cam) an FAI type cam before surgery and at the last follow-up. The analysis was based on
the values at 0% (heel strike) and 60% (toe off).

2.2. Statistics

For statistical analysis SPSS (Version 26, IBM, Armonk, NY, USA) was used. In the
describing assay, metric values are given as the means and standard deviations (1.96),
ordinal and nominal data as absolute values and percentages. For the demographic
analysis and the comparison of the approach data, hip morphology and the clinical results
between patients with (+cam group) and without cam (−cam group), unpaired t-tests
(metric data) or chi2 tests (nominal data) were performed. Analysis of the gait cycle was
performed on the time at the toe off and the heel strike preoperatively and at the 12-month
follow-up, because we expected steady state values at these times with the least influence
of the postoperative healing processes. To achieve a more detailed development of the
range of motion over the time, the three and six months postoperative follow-ups were
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used for creating figures. We selected hip angles in the sagittal (flexion/extension), frontal
(adduction/abduction) and transversal plane (internal/external rotation) to investigate the
impact of the bony cam on the hip movements and gait pattern. The values were measured
relative to the pelvic position. First, a linear regression was performed to compare the
preoperative and the 12-month follow-up results, and the difference between patients with
or without cam. The level of significance of p-value was <0.05/3 = 0.017 according to a
Bonferroni correction resulting from two previously published paper with the current study
group [19,20]. Further, significant parameters were tested using multiple linear regression
to identify the potential influence of the patient’s age, body-mass index (BMI), gender, the
performed approach and the hip morphology (difference of the pre to postoperative offset
and CCD angle) as covariants. In addition, a post hoc analysis (CI 95.0%, p < 0.05) was
used to describe the power of the comparisons.

3. Results

The total study group included 55 patients (33 males/60.0%; 22 females/40.0%) with a
mean age of 57.8 years (±8.4; 36.0–71.0) and a mean body mass index (BMI) of 27.3 kg/m2

(±5.2; 20.6–54.9). The affected side was the left hip in 20 cases (36.4%) and the right hip in
33 cases (63.6%). In 33 cases (60.0%) a cam morphology was present, and in 22 (40.0%) it
was not. Both groups, cam + and cam −, were comparable in terms of age, BMI, gender,
performed hip approach, the hip morphology (offset/CCD angle) and the clinical results
(HHS) (p > 0.05) (Table 1).

Table 1. Demographic data, approach data, hip morphology and clinical outcomes between both
groups, +cam and −cam. Lat. = standard lateral hip approach, ant.-lat. = minimal-invasive antero-
lateral hip approach. Both groups were comparable in terms of age, BMI, gender and approach
(p > 0.05). The +cam group showed a tendency towards younger patient age (2.8 years) and lower
BMI (1.7).

Mean ± SD −cam (n = 22) +cam (n = 33) 95% CI

Age 59.5 ± 8.2 56.7 ± 8.5 −1.8; 7.4
BMI 28.3 ± 6.1 26.6 ± 3.1 −1.2; 4.5

Gender (♂/♀) 10/12 21/12 >0.05
Approach (Lat./Ant.-lat.) 8/14 19/14 >0.05

Offset preop. 44.9 ± 10.1 47.7 ± 6.4 −7.2; 1.8
Offset 12M FU 52.6 ± 7.8 54.0 ± 7.5 −5.7; 2.8

difference offset 7.7 ± 6.6 6.2 ± 6.5 −2.1; 5.1
CCD preop. 131.8 ± 9.7 130.7 ± 5.2 −1.0; 7.2

CCD 12M FU 130.9 ± 5.9 130.8 ± 4.6 −2.8; 2.9
Difference CCD −0.9 ± 6.9 0.09 ± 5.7 −5.5; 1.6

HHS preop. 51.7 ± 11.9 53.7 ± 11.4 −8.4; 4.4
HHS 12M FU 95.7 ± 7.0 94.6 ± 9.9 −3.9; 6.1

Difference HHS 43.6 ± 13.9 42.9 ± 15.8 −7.8; 9.2

3.1. Heel Strike

The comparison between the hip angles of the treated side to the nontreated side
showed that a preoperative tendency in the sagittal and transversal plane was balanced
up to the last follow-up. In detail, the mean values in the sagittal/transversal planes
of the treated leg tended, preoperatively, to be inferior compared to the untreated side,
and approximated over the time. However, the results showed no statistical significance
(p > 0.05). The values of the treated and nontreated sides in the frontal plane were nearly
constant over time (p > 0.05). In spite of a preoperative trend to an inferior mean flexion,
abduction and internal rotation in the presence of a cam deformity compared to patients
without a FAI type CAM, the results showed no statistical significance (p > 0.05) (Table 2).
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Table 2. Mean values and standard deviation at the heel strike of the treated hip before and 12 months
after surgery dependent on a cam shaped femoral neck junction. The difference in the frontal plane
was statistically significant with a lower reduction to the adduction after treatment in patients with
an FAI type cam. The mean differences between the hip angles in presence of a cam deformity and
absence ranged between 0.9–2.7◦.

Heel Strike −cam +cam Difference −/+cam 95% CI

Hip sag. preop. 32.9 ± 6.2 30.5 ± 5.7 2.4 −0.89; 5.7
Hip sag. 12 M FU 34.6 ± 7.8 33.5 ± 6.2 1.1 −3.0; 5.0

difference preop. − 12 M 1.7 ± 10.7 3.1 ± 7.9 1.4 −6.4; 3.7
Hip front. preop. 1.7 ± 3.0 0.01 ± 4.2 1.69 −0.42; 3.8

Hip front. 12 M FU −1.1 ± 3.1 −0.05 ± 3.6 1.05 −3.0; 0.8
difference preop. − 12 M −2.8 ± 4.1 −0.06 ± 3.6 2.74 −4.9; −0.66

Hip trans. preop. −12.1 ± 16.2 −10.8 ± 11.7 1.3 −8.8; 6.2
Hip trans. 12 M FU −18.1 ± 17.0 −15.8 ± 11.5 2.3 −9.9; 5.4

difference preop. − 12 M −5.9 ± 22.2 −5.0 ± 10.6 0.9 −9.9; 8.0

Comparison between the baseline values and the 12-month results in all planes showed
a greater increase in the +cam group for the frontal plane, with statistical significance
(p = 0.011, Cohen’s d = −0.73, post-hoc power = 0.72) (Figure 2).

(A) 

Figure 2. Cont.
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(B) 

 
(C) 

Figure 2. (A–C) The hip angles at the point of heel strike showed a constant course in the sagittal
and frontal plane. Consistent with the results in Table 2, the transversal values decreased from the
preoperative status to the last time of follow-up. Overall, no significant differences between patients
with or without a cam morphology were observed.

Multiple linear analysis showed that the patient’s age (p = 0.1), BMI (p = 0.85), gender
(p = 0.43), the performed approach (p = 0.91) and the pre to postoperative changes of the
offset (p = 0.59) and the CCD angle (p = 0.96) had no statistically significant impact on the
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difference values in the frontal plane (p > 0.05). The r2 of the whole model regarding all
analyzed cofactors was 0.18, resulting in a power of 0.7.

3.2. Toe off

Before surgery the treated side stood tendentially in flexion at the toe off, while the
contralateral side had an extended position. Over time, the treated hip tended to an
extension at 12-month follow-up examination. The curves of the frontal plane proceeded
nearly in parallel. Here the treated hip showed a mean 0.8◦ abduction, and the nontreated
had about 0.9◦ adduction. Furthermore, preoperatively the treated side showed on average
2.5◦ internal rotation, and the nontreated side about a 3.9◦ external rotation. Over time
the curves crossed, so that the treated leg turned towards an external rotation. All these
differences showed no statistical significance and were thus interpreted as tendencies
(p > 0.05). At the toe off, the mean angles at the hip joint were tendentially in all planes
inferior in the presence of a CAM (p > 0.05) (Table 3).

Table 3. Mean values and standard deviations at the toe off of the treated hip before and 12 months
after surgery, as well as the difference between both time points depending on the presence of a cam
deformity. No statistically significant differences were found. The mean differences between the hip
angles in patients with and without a cam deformity ranged between 0.1–4.2◦.

Toe off −cam +cam Difference −/+cam 95% CI

Hip sag. preop. 2.2 ± 7.8 2.1 ± 10.2 0.1 −5.1; 5.2
Hip sag. 12 M FU −3.2 ± 9.1 −6.3 ± 8.0 3.1 −1.6; 7.7

Difference preop. − 12 M −5.4 ± 10.3 −8.4 ± 8.8 3.0 −2.2; 8.2
Hip front. preop. −0.7 ± 2.9 −1.1 ± 4.5 0.4 −1.8; 2.5

Hip front. 12 M FU −1.2 ± 4.1 −1.1 ± 2.8 0.1 −2.0; 1.7
Difference preop. − 12 M −0.5 ± 3.8 0.02 ± 4.5 0.51 −2.8; 1.8

Hip trans. preop. 3.0 ± 17.4 2.1 ± 15.7 0.9 −8.2; 9.9
Hip trans. 12 M FU −4.0 ± 14.7 −8.2 ± 10.7 4.2 −2.8; 11.0

Difference preop. − 12 M −7.0 ± 18.5 −10.3 ± 18.0 3.3 −6.8; 13.3

The difference between the baseline values and the 12-month follow-up results tended
towards a greater decrease in sagittal and transversal, and a greater rise in frontal planes
for all hip angles in case of a CAM being present (p > 0.05) (Figure 3).

4. Discussion

The incongruence between the femoral neck and the acetabular rim in the case of a
FAI is provoked in maximal flexion, adduction and internal rotation by the FADIR test.
The purpose of the present study was to analyze the impact of a CAM deformity on the
gait cycle of patients with an OA of the hip. A gait analysis was performed in fifty-five
patients before THA and were followed up three, six and 12 months postoperatively to
determine if preoperative differences existed, and if these adjusted over the time.
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(C) 

Figure 3. (A–C) The hip angles at the toe off in both groups were in the frontal plane before surgery and after. All the
values in the sagittal and transversal plane had positive angles preoperatively and decreased to negative results at the
12-month examination.

Due to the great volume of collected parameters, the focus was set to the hip position
at heel strike and toe off. At the heel strike, the hip position was tendentially in all planes
inferior in the +cam group (p > 0.05), resulting in a flexion about 30.5◦, an internal rotation
about 10.8◦ and a neutral position in frontal plane. At the last examination the hip angles
adjusted to 33.5◦ flexion, 0.5◦ adduction and 15.8 internal rotation in presence of a CAM.
The differences at the toe off between patients with or without an FAI type CAM were not
significant for the hip position (p > 0.05). Preoperatively, the hips showed a comparable
position in sagittal and frontal planes with a tendentially inferior internal rotation in the
presence of a CAM deformity (p > 0.05). At the examination 12 months after THA, the
angles in the frontal plane remained comparable, while the mean values in the sagittal
plane tended towards an extension and external rotation in the +cam group (p > 0.05).
Overall, the results of the hip position while walking with a CAM deformity showed no
statistical significance, and the differences were too small to determine relevant clinical
consequence. However, the observed tendencies might hint at an impact of an FAI on
gait pattern with limited flexion and internal rotation, the trigger movements for the bony
conflict of this hip disease. Our results indicate that patients who suffer from an FAI
may avoid provoking movements while walking. Comparable findings were presented in
previous studies. Rutherford et al. compared 20 asymptomatic patients with 20 patients
suffering from FAI. Both groups showed comparable ranges of angles while walking.
The authors estimated differences in testing these groups in impingement position and
provoking maneuvers [22]. Further, Diamond et al. observed minimal impairments in gait
pattern with an unclear impact on the patient’s symptoms or the hip function. The authors
performed a three-dimensional gait analysis with 15 symptomatic FAI patients before
arthroscopic treatment compared to 15 symptoms-free patients [23]. In addition, compared
to a healthy group of 18 subjects, the FAI type CAM patients had slower walking speeds
as described in a gait analysis study by Ng et al. [24]. However, Kennedy et al. showed a
reduced frontal and sagittal range of motion during gait. The authors compared 17 patients
with a cam shaped femoral neck with a control group of 14 without, and explained the

36



Appl. Sci. 2021, 11, 6024

results by soft tissue restriction and limited mobility at the spino-pelvic joint [25]. The
interaction of the spino-pelvic joint was also analyzed by Catelli et al., who found stronger
hip extensors in patients with an FAI type cam, allowing a higher degree of posterior pelvic
tilt to prevent symptoms [26].

The current study had some limitations. First, all patients suffered from high-grade
osteoarthritis of the hip. As a result, their restrictions in movements might not have
been caused only by the FAI type cam, but may also have been due to inflammatory and
remodeling processes during degeneration. Therefore, the cut off value of the alpha-angle
was elevated to 65◦. Only results above that were defined as FAI type cam. The second
limitation was that maximal joint movements of the hip were not assessed. Although
the main aim of the study was to analyze the impact of a FAI type cam on gait pattern,
there may have been some differences between the groups in maximal joint excursion.
However, the limitations of flexion and internal rotation in FAI patients were known and
used for clinical diagnosis (FADIR-test) [8], and might be proved in further studies with
a cost-intensive adapted study population. Further, since the data were reanalyzed post
hoc with respect to CAM, an analysis of confounders according to the usual procedures is
not possible [27]. Therefore, we tried to identify the influencing covariates using a linear
regression model. However, none of the included variables showed a significant influence.
In spite of that, the current study is one of the first in the literature that observed the gait
pattern of patients with coexistence of a hip OA and an FAI type cam before and after THA.
Repeated gait assessments postoperatively allowed detection of changes after surgery to
determine if preoperative differences adapted over time.

5. Conclusions

We did not find any differences in the gait analysis of patients with a FAI type cam
compared to patients without.
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Abstract: (1) Background: Preoperative templating is mainly conducted on an anteroposterior pelvic
overview X-ray. For short stem hip arthroplasty, the choice of the optimal size is especially crucial to
avoid complications. Thus, the study aimed to determine if there is an increased rate of correctly
planned sizes using two radiological planes. (2) Methods: 50 patients with a conventional stem and
100 with a short stem total hip arthroplasty were analyzed. Without knowing the implanted size, three
independent orthopedic surgeons performed digital templating: once using the anteroposterior pelvic
overview only and once using the lateral view in addition. (3) Results: The rate of correctly planned
sizes (+/−1 size compared to the inserted size) of templating with one plane was 86.3% ± 9.5% in
short stem hip arthroplasty and 88.4% ± 6.0% in conventional stem arthroplasty. By adding the lateral
view, the rate of correctly planned sizes was 89.9% ± 12.0% for the short stem hip arthroplasty group
and 89.4% ± 9.8% for the conventional group (p > 0.1). (4) A potential positive effect of preoperative
templating using an additional lateral X-ray view for short stem implants may be suggested based
on the results of this study, which did, however, not reach statistical significance.

Keywords: digital templating; short-stem; lateral view; femoral torsion

1. Introduction

The implantation of the optimal stem size is important for the implantation of a total hip
arthroplasty (THA) in order to reduce complications. Digital templating of a THA is a helpful
tool for preoperative planning of surgery regarding implant type, implant size, reconstruction
of the center of rotation, offset, and limb lengths [1]. This tool assists in order to receive a
good outcome after a THA and to avoid complications due to anatomic variations. It helps to
reduce the incidence of undersizing the femoral implant with the associated risk of increased
micromotions, subsidence, and early aseptic loosening [2–4] and the incidence of oversizing
associated with the risk of femoral fractures. Furthermore, it is helpful to avoid limb length
discrepancies, instability, or excessive tension of the periarticular soft tissues by inaccurate
reconstruction of the center of rotation of the hip [3,5–10].

Meanwhile, preoperative planning with plastic templates on radiographs or digital
templating as a valid method to determine the correct size of the femoral stem and acetab-
ular component belongs to the standard preoperative procedures prior to a THA [5,11,12].
Digital templating of a THA is usually performed on the anteroposterior (a.p.) pelvic
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overview X-ray [13]. Some software programs allow for digital templating also use the
lateral view of the proximal femur for templating the stem. Although efforts have been
made to further improve the accuracy of preoperative templating by using CT-based three-
dimensional computerized models [14], the simple method using only the pelvic overview
X-ray is still the standard procedure in clinical routine due to its high practicability on the
one hand and the high radiation exposure when using CT scans on the other. The fixation
of short stem THA (STHA) with predominantly metaphyseal anchorage is different from
conventional THA (CTHA). While the conventional stem has a metaphyseal-diaphyseal
anchorage with an intramedullary fixation within the proximal third of the femur [11],
STHA with predominantly metaphyseal anchorage adapts its orientation to the femoral
neck and thus to its ante torsion (Figure 1).

Figure 1. Lateral view of the METHA short stem total hip arthroplasty (STHA), showing the striven
positioning parallel to the femoral neck and thus reconstructing the physiological ante torsion of the
femoral neck.

This study aimed to determine whether there is a difference in accuracy when tem-
plating THA stems using not only the a.p. view of the pelvis but also the lateral view of
the proximal femur. Furthermore, we analyzed whether there is a difference in the rate of
correctly planned sizes when templating CTHA stems in comparison to STHA implants
with a predominantly metaphyseal anchorage.

2. Materials and Methods

One hundred fifty patients with a good radiological outcome after implantation of
a THA were selected: 50 after implantation of a THA using a conventional femoral stem
(CTHA group) and 100 after implantation of a THA using a short stem with primary
metaphyseal fixation (STHA group). A good radiological outcome was judged on the
postoperative X-rays by three senior surgeons according to the following criteria: under- or
oversizing, early subsidence, and intra- or postoperative fractures.

Undersizing was defined as either a too low fit of the implant that could have been
avoided by choosing a bigger size or by the presence of a visible distance between the
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cortical bone and the implant in a region of bone that is crucial for the anchorage of the
implant (calcar region and lateral cortex for CTHA and cortical ring of the resected femoral
neck basis as well as lateral cortex for STHA). Oversizing was defined as a too high fit
of the implant that could have been avoided by choosing a smaller size, indicated by the
shoulder of the implant exceeding the highest point of the greater trochanter for CTHA or
the shoulder of the implant exceeding the cortical ring of the femoral neck basis by more
than 10 mm for STHA. Early subsidence after full load-bearing, which was allowed for
all patients, was defined as an unambiguous (>2 mm) migration of the implant within
the surrounding bone in a follow-up X-ray examination 3 months after surgery. The
occurrence of intra- or postoperative fractures were retrieved from the surgery reports and
patients’ charts.

For these patients, who were included consecutively and underwent THA between
2010 and 2011, preoperative and postoperative digital X-rays in pairs were selected from the
database of the department of orthopedic surgery of a university hospital. All these patients
underwent standardized X-ray examinations, including an a.p. pelvic overview and an
lateral view (Lauenstein) of the proximal femur. These X-rays existed for the preoperative
and postoperative state and with a follow-up of at least 3 months. All X-rays were taken
with a standardized film-focus-distance of 100 cm. An external calibration marker of
25 mm diameter was positioned between the legs of each patient for the preoperative
pelvic overview.

Digital templating was performed by three senior surgeons experienced in THA.
When conducting digital templating, the examiners were only able to see the preoperative,
but not the postoperative X-rays.

The software used for digital templating was OrthoView (OrthoView Orthopaedic Digital
Planning Version 6.3, Meridian Technique Limited, Southampton, UK). For this software
tool, templates for the conventional BICONTACT stem (CTHA) and the METHA short stem
(STHA; both Aesculap B. Braun, Tuttlingen, Germany) were available (Figures 2 and 3).

Figure 2. Digital templating of the BICONTACT stem (CTHA) in an anteroposterior (a) and lateral (b) view with the
corresponding postoperative radiographs (c,d).
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Figure 3. Digital templating of the METHA stem (STHA) in an anteroposterior (a) and lateral (b) view with the correspond-
ing postoperative radiographs (c,d).

One hundred patients received a cementless METHA prosthesis with a caput-collum-
diaphysis (CCD) angle of 130◦, 135◦, or 140◦. All these stems are available in a size range
of 0 to 7. The median stem size of the implanted METHA short stems was 3.

Fifty patients received a cementless conventional BICONTACT stem. These stems
are monobloc-types with different offset variations: S for standard, H for High offset, and
SD for dysplastic femurs. In our study, we templated and implanted only S and H types.
BICONTACT stems are available in stem sizes 10–21. From the 50 truly implanted hip
implants, the median stem size was 14.

Statistics

First, the results of all three raters were described with the cumulative rate of consis-
tency between the templated and the implanted stem size. The difference was described
as size derivation from the actual stem size. In addition, the planned stem sizes were
presented in scatterplots. The intra-class correlation (ICC) 3,1 for consistency and 3,k for
conformity for all raters was measured and quantified using Fleiss Kappa and Kendall’s
coefficient of concordance. For the correlation between the templated stem size and the
actual implanted stem size, a Spearman’s rank correlation coefficient was determined.
Analysis was conducted in R (Version 4.0.3) [15], and figures were produced using the
package ggplot2 [16].

3. Results

The study population consisted of 66 males and 84 females. The average age was
60 +/−12.8 years, ranging from 21 to 86 years. The CTHA group included 25 males and
25 females, the STHA group 41 males and 59 females. The CTHA group was significantly
older than the STHA group (71 ± 14.3 years vs. 55 ± 11.5 years).

3.1. Conventional Stem Total Hip Arthroplasty (CTHA)—Conventional Templating in One Plane
on the a.p. Pelvic Overview

The rate of correctly planned size of preoperative templating in one plane (a.p. view)
predicted the exact CTHA stem size in 44.4% ± 6.8% cases. With a difference of +/−1 stem
size, the rate of correctly planned size 88.4% ± 6.0% was detected. In 93.8% ± 5.4% of cases,
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the stem size was predicted within two stem sizes. In the remaining 6.2% of measurements,
the templated stem size showed a deviation of +/−3 stem sizes (Table 1). The preoperative
templating showed an oversizing in 27.5% and an undersizing in 28.1% of the cases.

Table 1. Cumulative percentages of the three raters for the conventional (CTHA) and short stem total hip arthroplasty
(STHA) groups, using one and two planes, separated in accordance with the variation between the real stem size and the
measured size while templating.

Difference in Templated Size Compared to the
Truly Implanted Prosthesis

0 +/−1 +/−2 +/− > 2

CTHA
(Templating a.p.)

Rater 1 52.0% 82.0% 90.0% 100.0%
2 39.1 89.1 91.3 100.0
3 42.0 94.0 100.0 100.0

Mean ± Standard Deviation 44.4 ± 6.8 88.4 ± 6.0 93.8 ± 5.4 100.0 ± 0

CTHA (Templat-
ing 2 Planes)

Rater 1 64.0% 96.0% 100.0% 100.0%
2 26.1 78.2 97.8 100.0
3 30.0 94.0 100.0 100.0

Mean ± Standard Deviation 40.0 ± 20.8 89.4 ± 9.8 99.3 ± 1.3 100.0 ± 0

STHA
(Templating a.p.)

Rater 1 45.0% 83.0% 99.0% 100.0%
2 16.7 78.9 100.0 100.0
3 47.0 97.0 100.0 100.0

Mean ± Standard Deviation 36.2 ± 16.9 86.3 ± 9.5 99.7 ± 0.6 100.0 ± 0

STHA (Templat-
ing 2 Planes)

Rater 1 60.0% 93.0% 100.0% 100.0%
2 18.9 76.7 94.5 100.0
3 71.0 100.0 100.0 100.0

Mean ± Standard Deviation 50.0 ± 27.5 89.9 ± 12.0 98.2 ± 3.2 100.0 ± 0

3.2. CTHA—Templating in Two Planes—a.p. and Lateral View

Preoperative templating in two planes (a.p. view and lateral “Lauenstein” view) of
CTHA showed an exact match of the implanted stem size in 40.0% ± 20.8% of cases. In
89.4% ± 9.8% an implanted size within a deviation of +/−1 stem size was found. In
99.3% ± 1.3% of our cases, we could predict the implanted stem size within a range of
+/−2 sizes. The remaining 1.7% showed a deviation of +/−3 stem sizes (Table 1). In 25.5%
an oversizing of the templated size was observed. In 34.5%, the templated stem size was
smaller than the implanted stem size.

3.3. Short Stem Total Hip Arthroplasty (STHA)—Conventional Templating in One Plane on the
a.p. Pelvic Overview

By using templating based on one radiological plane only, the rate of measurements
matching the exact stem size was 36.2% ± 16.9%. By a tolerance of +/−1 stem size, the
predictability raised to 86.3% ± 9.5%. A deviation of the implanted and templated stem size
of up to +/−2 sizes was observed in 99.7% ± 0.6% of the cases (Table 1)—the remaining
0.3% ± 0.6% of the measurements showed a deviation of ± 3 stem sizes. An oversizing
of the templated implant size was found in 31.9%, and an undersizing also in 31.9% of
the cases.

3.4. STHA—Templating in Two Planes—a.p. and Lateral View

Adding a second plane (lateral view according to “Lauenstein”), the rate of planning
the exact size reached 50.0% ± 27.5%. The predictability was 89.9% ± 12.0% with a
tolerance of variation of +/−1 stem size. A variation of the implanted stem size lay within
a range of +/−2 sizes in 98.2% ± 3.2% of the cases (Table 1). A deviation of ± 3 stem
sizes was observed in the remaining measurement except for one outlier in one patient
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measured by one rater and showing a deviation of 4 stem sizes. In 31.8%, oversizing and
18.3%, undersizing of the templated size compared to the implanted size was measured.

Overall, the difference between the implanted stem size and the templated size showed
a lesser deviation for the STHA planned on two planes compared to one plane, whereas
the deviation was rather constant for the CTHA. However, this potential effect did not
reach statistical significance. In addition, there was a trend that bigger implant sizes were
planned too small, while small stem sizes were planned too big (Figure 4).

Figure 4. Scatterplots of the difference between actual and planned stem size over the actual stem size. CTHA with one
plane planning is displayed in red, two plane planning is displayed in green. STHA with one plane planning is displayed
in blue, two plane planning is displayed in purple. Linear regression lines are displayed for all implants and planning
methods. For comparability, the implant sizes of the CTHA were substracted by 10.

An additional plane for preoperative stem templating led to an increase in the ICC for
the stem size as well as for the difference between the implanted and templated stem size,
except for the STHA difference values, where a decrease was observed (Tables 2 and 3).

Table 2. The intra-class correlation ICC (3,1) with a consistency of the values between all three raters.

Stem Size CTHA STHA

a.p. planning 0.774 0.736
a.p. + lateral planning 0.838 0.757

Difference to Implanted Size CTHA STHA

a.p. planning 0.586 0.483
a.p. + lateral planning 0.623 0.422
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Table 3. The ICC (3,k) with conformity of the values between all three raters.

Stem Size CTHA STHA

a.p. planning 0.911 0.893
a.p. + lateral planning 0.94 0.903

Difference to Implanted Size CTHA STHA

a.p. planning 0.81 0.737
a.p. + lateral planning 0.832 0.687

The conformity of the three raters was slightly fair according to Landis classifica-
tion [17] and improved only for the STHA, not for the CTHA (Table 4).

Table 4. Fleiss Kappa as value for the conformity between all the three raters.

Stem Size CTHA STHA

a.p. planning 0.411 0.228
a.p. + lateral planning 0.27 0.3

Difference to Implanted Size CTHA STHA

a.p. planning 0.33 0.149
a.p. + lateral planning 0.178 0.16

The consistency of the raters showed a significant correlation for STHA templating in
two planes. However, the correlation was for both stem types, and planning conditions
were limited (Table 5).

Table 5. Kendall’s coefficient of concordance as a value for the consistency between the raters.

CTHA STHA

r p r p

a.p. planning 0.029 0.266 0.023 0.131
a.p. + lateral planning 0.035 0.196 0.054 0.008

The templated and the implanted stem size showed a significant correlation for both
stem types. The addition of an lateral planning plane led to a stronger correlation for
CTHA and STHA (Table 6).

Table 6. Spearman’s coefficient a value for the correlation between the templated and the implanted
stem size.

Stem Size
CTHA STHA

r p r p

a.p. planning 0.74 0.001 0.80 0.001
a.p. + lateral planning 0.79 0.001 0.84 0.001

4. Discussion

Total hip arthroplasty using short stem implants has grown up to a popular technique
beside the successful conventional procedure. Short stem devices, such as the METHA
stem, show promising short-term results [18,19]. Prior to implantation of the stem, digital
preoperative templating is a common and routinely used tool that has not yet been deter-
mined with regards to its benefit and exactitude [11,13]. So far, nothing is known about the
benefit in terms of the rate of correctly planned sizes when using additional X-rays in a
second radiological plane.
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This study confirms on the one hand that there is no significant difference between
templating STHA in comparison to CTHA, as former studies have shown [11,13,20,21]. On
the other hand, the current study indicates that the exactitude can possibly be increased
by using a second radiological plane for templating. Although this effect did not reach
statistical significance for neither the CTHA nor the STHA group, the tendency of the effect
could be observed especially for the short stem implant.

Matching exactly the same stem size as predicted by preoperative templating occurred
in 44.4% ± 6.8% with CTHA when using one plane radiographs. Other studies on con-
ventional implants have shown an exact rate of correctly planned sizes between 31% and
58% of cases [6,11,13,22,23]. By tolerating a variation of +/− one size between templating
and implantation, the data of this study showed a predictability of 88.4% ± 6.0%, again in
good conformity to other studies that have reported a predictability of 71.0%–94.0% under
these circumstances.

By the use of a second radiological plane, the lateral view, according to Lauenstein,
in addition to the a.p. pelvic overview, a comparable rate of exact matching between
templated and implanted size of 40.0% ± 20.8% was determined. With an allowed measur-
ing tolerance of +/− one stem size, a slightly increased accordance of 89.4% ± 9.8% was
reached, although the difference was not significant. A variation of more than +/−2 stem
sizes between templating and implanted size occurred in 0.7% of the cases when using
two radiological planes compared to 6.2% when using only one plane (p = 0.18). This
reduced range of dispersion indicates a higher accuracy when using two planes, although
the difference was not significant.

Results analyzing the rate of correctly planned size of preoperative templating of
short stem implants are less documented in the literature. There are only two studies
dealing with this question: on the one hand, for the METHA short stem by Schmidutz
et al. [11] and on the other hand, for the MAYO short stem (Zimmer, Warsaw, IN, USA) by
Wedemeyer et al. [24]. Both of these short stem designs aim at a metaphyseal anchorage.
Wedemeyer et al. reported an exact match without size tolerance in 38% of the cases.
Schmidutz et al. found for the METHA short stem an exactitude of 49% of preoperative
templating. In our study, we found similar results with up to 36.2% ± 16.9%. The MAYO
device showed predictability of 95%, Schmidutz et al. reported 89% for the METHA stem,
and our study reports a comparable matching rate of 86.3% ± 9.5% when tolerating a
difference of one size.

In analogy to the CTHA group, the second plane (lateral view) led to a smaller range
of dispersion, matching the exact size in 50% ± 27.5%, and in 89.9% ± 12% with a tolerance
of +/−1 stem size.

When comparing the STHA and CTHA groups, adding the second radiological plane
increased the probability of matching the exact size in the STHA group (50.0% vs. 36.2%),
but not in the CTHA group (40.0% vs. 44.4%). When tolerating a difference of +/− one
stem size, templating with two planes revealed comparable results between the groups
that were not statistically significant (89.9% for STHA vs. 89.4% for CTHA). Although none
of these results reached statistical significance, these data and the graphical illustration
(Figure 4) imply that using two planes for preoperative templating is more likely to have a
beneficial effect with regard to a short stem than to a conventional stem.

In general, preoperative templating is important with regard to the risk of an intraop-
erative fracture of the femur that is a common complication in a non-cemented THA [25].
On the other hand, the undersizing of the implant may lead to early implant migration [26]
that may, in turn, impair osseointegration and lead to early aseptic loosening [27].

Less experienced surgeons especially benefit from a profound preparation by means
of preoperative templating that helps them to improve their orientation and to feel safer
during bone preparation. The information derived from this study that the planned size
tends to be too big for small implant sizes and too small for big implant sizes might be
especially helpful for them.
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In this study, all templating was performed by digital techniques, but there are alter-
native analog techniques using plastic templates. Higher exactitude for digital templating
was described in studies of The et al. and Widdon et al. [12,28]. On the other hand, there
are also studies that come to the conclusion that analog templating might have a higher
rate of correctly planned size [23,29]. All studies showed that templating is a beneficial tool
to avoid intraoperative complications.

In particular, templating in two radiological planes may also be very helpful with
regard to the preoperative detection of possible contraindications for a certain implant, e.g.,
a retro torsion or an excessive ante torsion (Figure 5) of the femoral neck when planning
the implantation of a short stem device with primary metaphyseal anchorage along the
femoral neck.

Figure 5. Digital templating of a STHA (lateral view) in a patient with excessive ante torsion of
the femoral neck is an obvious contraindication for an implant with orientation parallel to the
femoral neck.

This study has some limitations. Although the external calibration marker had been
positioned in a standardized way for all patients, an imprecise positioning may influence
the correct scaling of the X-rays and the results of THA templating [30]. A high body mass
index (BMI) that was not recorded in this study may complicate the exact positioning of
the calibration marker. However, the correlation between BMI and magnification has been
shown to be weak so that a major bias can be ruled out [31].

Second, due to the retrospective design, the study was not able to analyze whether tem-
plating with two radiological planes would have led to a measurable effect on complication
rates within this particular study population.

Furthermore, the study had an asymmetrical distribution between the CTHA and
STHA groups (50 vs. 100 cases). This rather unconventional study design was chosen due
to the fact that the rate of correctly planned size of digital templating of conventional stems
has already been well analyzed by other studies, whereas there are very little data about
short stems that were put into the focus of this study.
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5. Conclusions

In conclusion, the current study indicates that preoperative templating using two
radiological planes might at least have a slight, yet not significant, beneficial effect on the
accuracy of the preoperative planning of short stem implants. Since contraindications for
the use of a short stem can be identified more reliably and since this templating technique
is easy to practice without additional expenses, its routine use can be recommended prior
to surgery.
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Abstract: Anterior to posterior (AP) pinning is the recommended sagittal pin configuration in
divergent lateral entry coronal pinning of pediatrics supracondylar fractures. However, there was
still a lack of evidence regarding alternative sagittal pins configurations. We aimed to compare
the construct stiffness of alternative sagittal pin configurations by using synthetic bone models.
Sixty synthetic pediatric humeri were osteotomized to create a supracondylar fracture. After the
fracture reduction, all specimens were fixed in the coronal plane with divergent lateral entry pin
configurations in four different patterns in the sagittal plane: AP, crossed, divergent and parallel
sagittal pin configuration. Each configuration was tested with five loading patterns. The AP sagittal
pin had significantly lower construct stiffness than the divergent (p = 0.003) and the parallel sagittal
pin configuration (p = 0.005) in external rotation loading tests. The divergent sagittal pin had the
highest construct stiffness in extension, valgus, and external rotation loads, but the parallel sagittal
pin had lower construct stiffness under extension load than the divergent and crossed sagittal pin
configurations. The divergent sagittal pin configuration provides greater construct stiffness than
other sagittal pin configurations due to the maximal pin spreading distance at the fracture site and
the pin angle lock mechanism.

Keywords: supracondylar humeral fracture; biomechanical study; sagittal pinning; Kirschner wires

1. Introduction

Supracondylar fractures of the distal humerus are the most common fractures in
children, with the peak incidence at age 4–7 years [1]. Many treatment methods have been
described, e.g., closed reduction with a long-arm cast, skin traction, axial skeletal traction,
and flexible nailing. In the 1940s, publication on closed reduction and percutaneous
pinning [2] described the currently preferred surgical treatment for displaced supracondylar
fractures [3–6]. The crossed medial-lateral and lateral entry pin configuration in the coronal
plane have been favored as an effective pinning technique [7–14]. Biomechanical studies
have reported that crossed medial-lateral pins provide greater torsional stiffness than
lateral entry pin fixation [15–18] but no clinical difference in treatment outcome [19–22]. We
considered two pins with divergent lateral entry to be the most appropriate configuration

Appl. Sci. 2021, 11, 3447. https://doi.org/10.3390/app11083447 https://www.mdpi.com/journal/applsci51



Appl. Sci. 2021, 11, 3447

in the coronal plane because the crossed medial-lateral pin configuration is associated with
a higher risk of iatrogenic ulnar nerve injury [6,7,9,21,23].

In contrast to the coronal plane, the construct stiffness of each pin configuration in
the sagittal plane has not been extensively evaluated, with few biomechanical or clinical
studies on the issue. Anterior to posterior (AP) pinning is currently the most common
recommendation for sagittal pin configuration. Ariño suggested using two Kirschner
wires (K-wire) with either parallel or crossed pin configuration in both the coronal and
sagittal plains [24]. Kallio and Skaggs suggested the appropriate inclination for sagittal
pin insertion is from the anterior part of the distal fragment to the posterior part of the
diaphyseal cortex [25,26]. Recently, Wallace designed a biomechanical torsion test for
sagittal pin configurations [27]. However, no statistically significant difference in torsional
stiffness among the three types of sagittal pin configurations was found in the study.

This study aimed to use biomechanical tests to compare the construct stiffness of
various types of sagittal pin configurations for pediatrics supracondylar fractures using
controlled fixation with two divergent lateral entry pin configurations in the coronal plane
under axial torsion and displacement loads.

2. Materials and Methods

2.1. Materials

We conducted a biomechanical analysis of sagittal pin placement configurations
for pediatric supracondylar humerus fractures. The research ethics committee of the
Faculty of Medicine, Chiang Mai University, approved the study protocol (ORT 2562 06622).
Sixty Sawbones pediatric synthetic humeri (Sawbones model #1052, Pacific Research
Laboratories, Vashon Island, WA, USA) were obtained using the same model in previous
pediatrics supracondylar humerus fracture biomechanics studies [27,28]. These synthetic
humeri are made of a rigid foam shell with inner cancellous material and are anatomically
correct pediatric bone dimensions.

2.2. Methods

We controlled coronal plane pinning with two divergent lateral entry pin configura-
tions following the technique of Hamdi [29]. Different pin placement configurations in
the sagittal plane were evaluated for feasibility, given the limited area/size of pediatric
bones. All configurations were bicortical medial and lateral cortex fixation. We established
zones of pin entry and exit using the transverse diaphyseal diameter of the humeral shaft
in the sagittal plane as reference. We first divided the anterior and posterior with an
anatomical axis line, after which we drew a vertical line separating the cortical bone and
the intramedullary canal. Then we designated four zones where pins would penetrate
the bone cortex: zone 1 = the anterior diaphyseal cortex, zone 2 = the anterior diaphyseal
medullary canal, zone 3 = the posterior diaphyseal medullary canal, and zone 4 = the
posterior diaphyseal cortex (Figure 1). In each case, both pins were started from the lateral
part of the distal fragment to the medial diaphyseal cortex. Pin trajectories were labeled
numerically by entry and exit zone, e.g., 2–3 represents pin entry at the lateral part of the
distal fragment (zone 2) and exit at the medial diaphyseal cortex (zone 3). In the coronal
plane: the first pin was proximal and was parallel to the lateral metaphyseal flare of the
humeral cortex; the second pin was distal and crossed the fracture site at the medial edge
of the coronoid fossa. In the sagittal plane: the combined pin configuration designation
listed the proximal pin trajectory first and distal pin trajectory second. For example, if
the first proximal pin trajectory was 2-2 and the second distal pin trajectory was 1-1, the
pin configuration was represented as [2-2,1-1]. Finally, four different pin configurations
were chosen for study: the AP sagittal pin configuration [2-3,1-3] (currently the standard
recommendation), the crossed sagittal pin configuration [2-4,4-2], the divergent sagittal pin
configuration [3-3,3-1], and parallel sagittal pin configuration [3-3,2-2].
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Figure 1. Schematic showing the orientation of the four sagittal pin configurations in the controlled
divergence lateral entry coronal pin configurations. The black dots represent the location of pin
penetration through the bone cortex.

Four pin targeting guides were created from an epoxy resin casting to provide pin
placement consistency and reproducibility. The specimens were securely encased in the
epoxy mold and 1.5 mm holes were predrilled using the pin targeting guide. Transverse
osteotomies were made at the level of the epicondyle (mid olecranon fossa) perpendicular
to the anatomic axis of the humerus (28 mm from the distal end of the trochlea humerus)
with a 0.5-mm cutting blade and the custom-built guide cutting. After fracture reduction,
two pieces of 1.6 mm diameter Kirchner wire were inserted through the predrilled in the
center of each of the four zones. After pinning, a fluoroscopic evaluation was accom-
plished to confirm the placement of all wires. Bone specimens underwent axial torsion
and displacement load tests using an Instron ElectroPuls™ E10000 (Instron, Norwood,
MA, USA).

In external and internal torsion tests, we created an epoxy resin mold jig system
consisting of outer and inner parts (Figure 2). The outer mold jig was attached permanently
to the testing machine at the center of rotation of the long anatomical axis of the humerus
to ensure that the position did not vary between specimens. The inner part could be moved
into and out of the outer mold jig. After the bone specimen was inserted into the proximal
and distal parts of the inner mold jig, it was mounted vertically on an outer jig and secured
tightly with multiple bolts and nuts. Loads were applied to the proximal part of the bone
by an actuator. The actuator allowed 0–25◦ of internal and external rotation, and samples
were tested at a rate of 0.5 degrees/second. Torque (Nm/degrees) and degrees of rotation
were recorded. Based on previous studies, rotational testing beyond 25–30◦ resulted in a
plastic deformation or failure of the construct [16,18]. Thus, in this study, we limited the
degree for rotational testing at 25 degrees.

For extension, varus, and valgus displacement tests, the proximal part of the specimen
was secured in a horizontal cylindrical metal tube (Figure 3). The anatomical axis of the
humerus was set at the center of the cylindrical tube for all specimens. Load displacement
was applied by the actuator of the machine via the 8 mm diameter cylindrical rod at a
level 1 cm distal to the fracture site. The load was applied at the distal part, increasing
displacement from 0 to 7 mm at a rate of 0.5 mm/second. Displacement (mm) and force
(N/mm) were recorded. We used a maximal translational displacement of 7 mm as this
point was the maximal point for all previous biomechanical analyses for the construct
stiffness of supracondylar fracture.
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Figure 2. Schematic presentation of the two layers of the axial torsional mold jig. The outer layer was statically attached
to the testing machine. The inner layer containing the bone specimen could be moved into and out of the assembly. The
portion of the pins extending beyond the bone was accommodated in hollow spaces of the mold jig without impingement.
All constructs were secured tightly with multiple bolts and nuts.

 

Figure 3. A specimen mounted in the testing machine: (A) axial torsion test (internal and external
rotation) using the custom epoxy resin fixation jig and (B) load displacement test (extension, valgus
and varus) using the fixed metal tube.

A total of 60 humeri were prepared in four different pin configurations (15 specimens
per configuration). Three specimens of each configuration were used in each loading
test. Specimens were tested only once to avoid potential measurement errors due to bone
destruction during the previous experiment.

2.3. Statistical Analysis

One-way analysis of variance with repeated measures was used to compare the
construct stiffness of the four different pin configurations for each of the five modes of
applied force. Statistical significance was set at p < 0.05. Post hoc Bonferroni comparison
was conducted to determine the specific difference between the pin configurations in cases
where one-way analysis of variance detected differences. Data analysis was conducted
using STATA version 16 (StataCorp, College Station, TX, USA).

3. Results

There were no permanent construct failures due to bone specimen fracture, pin defor-
mation, or loss of fixation in any loading conditions.
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Construct stiffness (Figure 4) was calculated from the slope of the load–displacement
curve that best fit the data with the linear portion between 2 and 7 mm of the load–
displacement curve and torsional stiffness was measured between 5 and 25 degrees of the
load–displacement curve.

Figure 4. Load–displacement curve generated during sagittal pin configurations stiffness assessment. The construct stiffness
was calculated from the slope of the load–displacement curve best fitting the data between 2 and 7 mm of displacement (A).
Torsional stiffness was measured between 5 and 25 degrees of rotation (B).

Figures 5 and 6 show a torsional and linear load–displacement curve and slope load–
displacement curve (construct stiffness) of all 4 pins configurations under external rotation,
internal rotation, extension, valgus, and varus load.

Figure 5. Comparison between the torsional load–displacement curve and slope of the load–displacement curve between
different sagittal pin configuration in external rotation load (A) and internal rotation load (B).

Figure 6. Comparison between linear load–displacement curve and slope of the straight line of different sagittal pin
configuration in extension load (A) and valgus load (B) and varus load (C).
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There was no statistically significant difference among the four-pin configurations in
extension, valgus, varus, and internal rotation loading (Table 1).

Table 1. Comparison of construct stiffness of different pin configurations in the sagittal plane.

Loading
Condition

AP Crossed Divergent Parallel
ANOVA p-Values

Mean ± SD Mean ± SD Mean ± SD Mean ±SD

Extension (N/mm) 3.38 ± 1.25 4.73 ± 0.79 5.20 ± 0.45 3.68 ± 0.21 0.066
Valgus (N/mm) 5.54 ± 0.72 5.79 ± 0.75 6.21 ± 0.78 5.63 ± 0.77 0.726
Varus (N/mm) 6.36 ± 1.64 7.13 ± 0.97 8.01 ± 0.57 8.46 ± 0.40 0.132

Internal rotation
(Nm/deg) 0.085 ± 0.006 0.073 ± 0.006 0.093 ± 0.020 0.098 ± 0.010 0.134

External rotation
(Nm/deg) 0.063 ± 0.008 0.093 ± 0.017 0.120 ± 0.012 0.115 ± 0.010 0.002

Abbreviations: AP, anterior to posterior pinning; ANOVA, analysis of variance.

For external rotation loading, anterior to posterior pinning gave the lowest construct
stiffness (0.063 ± 0.008 Nm/deg). This was significantly lower than for both divergent
pinning (0.120 ± 0.012 Nm/deg) and parallel pinning (0.115 ± 0.010 Nm/deg) (p = 0.003
and p = 0.005, respectively) (Table 2).

Table 2. Post hoc comparison of external rotation loading of different pin configurations.

External Rotation
(Nm/deg)

AP Crossed Divergent

Crossed p = 0.096
Divergence p = 0.003 p = 0.165

Parallel p = 0.005 p = 0.359 p = 1.000
Abbreviations: AP, anterior to posterior pinning; ANOVA, analysis of variance. Statistically significant figures are
shown in bold figures.

4. Discussion

Adequate fixation stability is the key measure of success in the treatment of displaced
pediatric supracondylar fractures. Closed reduction and percutaneous pinning is a standard
technique for fixation, especially for Gartland type 2 and type 3 fractures [6,30]. Low
construct stiffness is an important factor in the loss of fracture reduction. Many previous
studies have discussed construct stiffness in the coronal pin configuration. The divergent
lateral entry pin technique has been recommended in many institutes because of the lower
risk of iatrogenic ulnar nerve injury than the medial-lateral crossed pin technique [7,31].
In contrast, there have been few studies in biomechanical and clinical evidence about the
sagittal pin configuration. Our study aimed to biomechanically evaluate which of the
sagittal pin configuration has the strongest construct stiffness in two controlled divergence
lateral entry coronal pin configurations.

The sagittal pin configuration in this study was based on two considerations: first,
limitations on the use of K-wire in small pediatric bones, and second, the K-wire must pen-
etrate only the lateral and medial cortex of the bones. K-wire inserted into the medullary
canal must travel without cutting through the bone cortex. For each test, a newly synthetic
specimen was used instead of reused specimen because the initial procedure could poten-
tially have damaged the outer cortical and inner cancellous structure of the synthetic bone
after previous testing and thus destroyed or changed its material construction.

This study investigated three interesting areas. The first area is the weakness of the AP
sagittal pin configuration. Although AP is the standard recommendation for sagittal pin
configuration, there are many alternative pin configurations for fixation, which have not yet
been thoroughly evaluated. The present study found that the AP sagittal pin configuration
had the lowest construct stiffness under many load types. We used previous studies
associated with coronal pin configuration to explain the lack of this construct stiffness.
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Kallio suggested that the pins cross each other in the lateral entry pin configuration at
the fracture site level [25], resulting in horizontal malrotation and the development of
cubitus varus. Ziont showed that the two coronal lateral entry pinning, which crosses at
the fracture site, has very low construct stiffness [18]. Sankar et al. suggested that loss of
reduction occurs when the pins are too close to each other at the fracture site level [20]. We
assumed that the construct weakness in the coronal plane is the result of two pins starting
from the same side and crossing near the fracture site level. We applied this assumption to
the AP sagittal pin configuration, where two pins also start from the same anterior side
and cross near the fracture site, which might explain why the AP sagittal pin configuration
has lower construct stiffness than the other sagittal pin configurations.

The second area is the divergent sagittal pin had the maximum pin spread at the
fracture site, which the highest construct stiffness in extension, valgus, and external rotation
loads. Skaggs recommended that both divergent and parallel coronal pins should be
maximally separated at the fracture site for maximal stability [26]. Sankar suggested that
loss of reduction occurs when the pin spread is less than 2 mm at the fracture site level [20].
Kocher divided the distal humerus into medial, central, and lateral columns. Then, it
suggested that the divergent configuration should provide adequate spread between pins
and engage both the lateral and central columns of the distal humerus [21]. Pennock
conducted a retrospective review and suggested the pins should be spread at least 13 mm
or more than one-third of humeral width at the fracture site to minimize the loss of
reduction [32].

The third area is the weakness of the parallel sagittal pin configuration under exten-
sion loads despite the fact that it carried significantly high construct stiffness in external
rotation loading as divergent sagittal pin configuration. Lee studied the biomechanics
of construct stiffness between divergent and parallel pin configurations in the coronal
plane [17]. His results showed significantly lower construct stiffness with the parallel
compared to divergent pinning. That explains the “lock” and “unlock” effect of the angle
between the two pins, which concurs with our finding that with the divergent sagittal pin
configuration, the two pins act together to create a “lock” effect, while parallel pins create
an “unlock” effect under extension load.

There were some limitations to our study. The first and most important limitation
was the limited number of specimens (n = 3) used for each loading test. According to the
power analysis, our study would require at least eight specimens in each loading test to
achieve 80% power to detect a significantly large effect size (Cohen’s d 2.0) accounting for
multiplicity. Thus, our results might be considered only for hypothesis-generating. Further
research with an adequate study size is still needed to confirm our findings. Second,
the material used was not an authentic human bone. Thus, it lacks natural pediatric
bone properties such as soft tissue tensioning, periosteal effect, and cartilaginous physis.
Pediatrics cadavers are very rare and are more expensive than artificial bone. However,
a synthetic model does have advantages, e.g., the realistic anatomy truly represents the
limitations of pin placement in pediatric bone, the specimens are homogeneous, and
the results are reproducible. Real pediatric human bone varies in bone quality, bone
density, and periosteal thickening, confounding factors avoided by using the pediatric
synthetic bone.

5. Conclusions

For the fixation of pediatrics supracondylar fractures with controlled divergent lateral
entry coronal pin configuration, the divergent sagittal pin configuration is recommended
as it provides the highest construct stiffness under various loads compared to other sagittal
pin configurations. The superiority of the divergent sagittal pin configuration could be
explained by the maximal pin spreading distance at the fracture site and the pin angle
lock mechanism.
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Abstract: Wear is an important factor in the long-term success of total knee arthroplasty (TKA).
Therefore, wear testing methods have become standard in implant research and development. In the
EU, these are based on two simulation concepts, which are defined in standards ISO 14243-1 and
14243-3, differentiated by the control mode—force-controlled or displacement-controlled. The aim of
this study was to compare the mechanical stresses within the different ISO concepts using a finite
element model (the newest displacement-controlled norm from 2014 compared with force-controlled).
The in silico model showed strong correlation with the experimental data (r > 0.8). The adapted
force-controlled ISO showed higher mechanical stress during the gait cycle, which also might lead to
higher wear rates (14243-1 (2009): 11.15 MPa, 10.15 MPa and 9.16 MPa). The displacement-controlled
ISO led to higher mechanical stress because of the constraint at the end of the stance phase (14243-3:
20.59 MPa and 17.19 MPa). Future studies should analyse different inlay designs within the same
ISO standards to guarantee comparability.

Keywords: TKA; wear simulator; ISO standard; FEM; finite element

1. Introduction

Total knee arthroplasty (TKA) has been established as an operative procedure for
osteoarthrosis with good to very good clinical outcomes and long-term success for pa-
tients [1,2]. Nevertheless, in some cases revision surgery is necessary, and in some patients
the main reason for implant loosening is osteolysis possibly caused by wear particles [3,4].
Therefore, experimental wear testing in a laboratory environment has become an important
tool for evaluating new TKA designs and new materials. Furthermore, these tests are also
necessary for the approval of newly developed knee implant designs through the notified
body. To generate experiments that are comparable across several research groups and
companies, standards have been developed.

The International Organization for Standardization (ISO) has two main concepts
established: the force-controlled (FC, 14243-1) and displacement-controlled (DC, 14243-3)
standards. These standards are reviewed and renewed at regular intervals. The 2002
version was renewed in 2009; the DC norm in 2014. Both standards are used for the wear
testing of different TKA designs, with one exception. The displacement-controlled norm
states that completely congruent TKA designs may not be tested with this standard. When
comparing these two different control modes, they share the same force profile for the axial
(femorotibial) compression force and the same flexion/extension profile of the femoral
component. The differences are in the control mode of the anterior/posterior translation
and internal/external rotation of the tibia component relative to its counterpart, the femoral
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component. The force-controlled norm induces this movement with a load profile on the
components, and the displacement-controlled standard therefore uses fixed translational
and rotational values. Interestingly, for the displacement standard, the anterior/posterior
movement of the tibia and the rotational profile were changed in 2014 to the opposite way
around because Sutton et al. showed that the load-controlled standard was not consistent
with the displacement-controlled standard in human specimens [5].

Various working groups have been working on similar issues. Mell et al. com-
pared the DC norm of 2004 with the changed one of 2014 [6]. By means of computer
simulation, the kinematic inputs, contact condition, and wear of both standards were
investigated. They showed a lower wear rate for the newer version, but at the same time a
higher wear area. Overall, they were able to show a difference between the two standards
and advised that historical wear results be compared with newer results only with cau-
tion [6]. In another study, the ISO standard 14342-1 was compared with American Society
for Testing and Materials (ASTM) F3141. They found a very similar overall wear rate
(13.64–54.9 mm3/million vs. 13.48–55.26 mm3/million) but different wear contours and
wear depth [7].

These differences in wear may result in problems for medical companies. For example,
for the approval of a new medical device, the new European Medical Device Regulation
(MDR) or American Food and Drug Administration (FDA) provides the possibility of
using clinical data related to an equivalent device, sometimes called a “predicate device”,
in the clinical evaluation process. For the MDR, this is only possible if the technical,
biological, and clinical characteristics are equivalent; therefore, full access to the technical
documentation of the medical device is needed, which will lead in many cases to a situation
where results may only be compared within inhouse products. However, if the differences
in the load and motion profiles across different ISO standard versions are too great, and
knowing that these kinematic profiles and loads strongly influence the generation of wear,
comparisons will be difficult [8]. This leads to problems in the certification process of
new implants, because if experimental wear tests are no longer comparable due to major
changes over the years, companies lose the possibility of comparing results to their old
result database.

The aim of this study was therefore to compare the different ISO standards across
different publication years and loading concepts and to gain a deeper insight into the
resulting kinematics and differences in stress in the polyethylene insert. To discover
whether low congruence inlay designs are more affected by different loading conditions,
the differences in inlay design across the standards should be analysed.

We hypothesise that (1) each norm will result in different inlay stresses (three norms
tested: ISO 14243-1:2002, ISO 14243-1:2009, and ISO 14243-3:2014) within the same inlay
design, and (2) the force-controlled norm will differ in stress and kinematics between 2002
and 2009. The comparison of the kinematics and the stress behaviour is investigated using
finite element methods.

2. Materials and Methods

2.1. General

Nine different finite element models were constructed for the different inlay designs
of one prosthesis (Aesculap, Tuttlingen, Germany) and the different ISO standards tested
in this study (Table 1). A validation between the experimental wear tests and the in silico
model was established. Therefore, the boundary conditions of ISO 14243-1:2002 (force-
controlled) and the deep dish inlay design were used. Based on this validated computer
model, different modifications corresponding to the different ISO standards or inlay designs
were established. In this study, three different inlay designs were used: cruciate-retaining
(CR), deep dish (DD), and ultra-congruent (UC). All inlays were compatible with the
Columbus® knee system (Aesculap, Tuttlingen, Germany).
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Table 1. Overview of the different model conditions for ISO norms 14243-1:2002 force-controlled (FC), 14243-1:2009 FC
(without posterior cruciate ligament (PCL) and with PCL), and 14243-3:2014 displacement-controlled (DC).

Inlay Design ISO Norm 14243-1:2002 (FC) ISO Norm 14243-1:2009 (FC) ISO Norm 14243-3:2014 (DC)

- - Without PCL With PCL -

Cruciate-Retaining
(CR)

anterior/posterior spring: 30 N/mm
torsional spring: 600 Nmm/◦ -

anterior spring: 44 N/mm
posterior spring: 9.3 N/mm

torsional spring: 360 Nmm/◦
Note: First ±2.5 mm (a/p
spring) and ±6◦ (torsional
spring) without constraint

No spring—defined via
displacement control

Deep Dish (DD)

anterior/posterior
spring: 30 N/mm
torsional spring:

600 Nmm/◦
-

anterior spring: 44 N/mm
posterior spring: 9.3 N/mm

torsional spring: 360 Nmm/◦
Note: First ±2.5 mm (a/p
spring) and ±6◦ (torsional
spring) without constraint

No spring—defined via
displacement control

Ultra-Congruent (UC)

anterior/posterior
spring: 30 N/mm
torsional spring:

600 Nmm/◦

anterior spring: 9.3 N/mm
posterior spring: 9.3 N/mm

torsional spring: 360 Nmm/◦
Note: First ±2.5 mm (a/p
spring) and ±6◦ (torsional
spring) without constraint

- No spring—defined via
displacement control

2.2. Experimental Setup of the Wear Simulator for Validation of the Finite Element Model

An experimental wear simulator test to validate the in silico model was performed
on a servo-hydraulic knee wear simulator (EndoLab GmbH, Rohrdorf, Germany). The
kinematic and force patterns for the mechanical simulator were based on level walking
according to ISO standard 14243-1:2002 (force-controlled standard) [9]. Internal/external
rotational torque, anterior/posterior force, and axial force were generated by hydraulic
cylinders accordingly. The axial force was applied in a medio-lateral compartment ratio of
60% to 40%; therefore, a lateral implantation offset of 5.6 mm (0.07 times the width of the
tibial component) was implemented. To simulate the knee ligaments, the wear simulator
included spring restraints of 30 N/mm in anterior/posterior translation and 600 Nmm/◦
in internal/external rotation, also defined in the ISO standard.

The movement constraints of the various components of the knee system in the
wear simulator were as follows: The femoral component was restricted to move in ante-
rior/posterior, medial/lateral, axial translation, internal/external rotation, and varus/valgus
rotation. Flexion/extension was free, and the axis of the J-curved femoral component was
developed according to the ISO standard. In two positions, 30◦ of flexion and 60◦ of flexion
viewed on the sagittal plane, a line was drawn perpendicular to the ground and through the
contact point of the femoral condyles. The crossover point of these two lines was defined
as the flexion/extension axis. The tibial component was only restricted in flexional rotation.
Anterior/posterior, medial/lateral, and axial movement were free, while varus/valgus
and internal/external rotation were possible. For comparison with the in silico model, the
kinematic data of the experimental setup were processed after 5000 cycles to ensure that the
same surface geometry was maintained between the in silico model (no wear simulated)
and the experiment due to the changing surface during the experimental wear test.

2.3. Computational Model
Kinematic Validation and Basic Model for ISO 14243-1:2002 (Force-Controlled)

The validation computer model was based on the ISO standard 14243-1:2002 (force-
controlled standard), and for the equal inlay design which was used in the experimental
setup, a deep dish (DD) design was used. The CAD file was imported into Ansys Work-
bench software (V16; Ansys, Inc., Canonsburg, PA, USA). The femoral component, inlay,
and tibial baseplate were positioned in a neutral starting position to conform with the ISO
standard [9]. The tibial base plate was embedded in a round rigid body according to the
ISO standard with a lateralisation of 7% of the width, equivalent to that in the experimental
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tests. Flexion/extension was free, and the axis of the J-curved femoral component was
developed according to the experimental setup.

The boundary conditions of the tibial baseplate were established on the bottom of
the rigid body representing the embedded tibial component in resin (Figure 1). For trans-
lational movement, it was free to move in the medial/lateral, anterior/posterior, and
proximal/distal (axial) directions. For rotational movement, it was free to rotate inter-
nally/externally and was free in varus/valgus rotation. Rotation around the x-axis, which
represented the slope axis, was restricted during the whole simulation according to the
ISO standard and the experimental setup.

Figure 1. Structure of the finite element (FE) model with the degrees of freedom (DOF) for femur
and tibia according to the International Organization for Standardization (ISO).

Forces for anterior/posterior translation, internal/external rotation (torque), and axial
force were also established on the resin body. The anterior/posterior force was applied
to the posterior part, while the axial force and the rotational torque were applied to the
bottom part of the resin body. Due to the 7% lateral translation of the tibia and inlay
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component during implantation, the line of action of the forces was secured according to
the ISO standard.

Restraint system-simulating ligaments and a capsule environment were added to
the simulation with a linear spring according to the ISO standard with 30 N/mm in
the anterior/posterior direction with a linear spring element. A restraint system for
internal/external rotation of the tibia was also implemented via a linear spring element,
i.e., a torsional spring element with 600 Nmm/◦.

Femorotibial contact was established in the finite element model using an augmented
Lagrange algorithm and a basic frictional coefficient of 0.05 [10,11]. To confirm the fric-
tional coefficient, variations of 0.01, 0.03, and 0.08 were calculated and compared with the
experimental kinematic data. The contacts between the inlay, tibial base plate, and the rigid
body representing the embedded resin were defined as fixed joints in the simulation, which
means no separation was possible, and all bodies except the inlay were not deformable.
One hundred and four load steps were implemented in the in silico model to simulate the
gait cycle. The first four loading steps were used to establish the initial contact between
the femoral component and the inlay of the prosthesis, which is necessary in a computer
model. The remaining 100 loading steps were the gait cycle steps, which are specified by
the ISO standard.

2.4. Numerical Model Validation

The model validation was performed with the DD inlay using the described experi-
mental wear simulator. For kinematic comparison, the Pearson correlation coefficient (r)
was used and secured with different frictional coefficients within the simulation. For finite
element models, it is necessary to conduct a mesh validation, which is known as a conver-
gence study. Since the TKA design was also used in an earlier validated study, the mesh
size was identical to that used in a validation study by Woiczinski et al. [12]. The correlation
for the kinematic comparision was calculated by using the following formula (1):

r = ∑n
i=1(xi − x) ∗ (yi − y)√

∑n
i=1(xi − x)2 ∗ ∑n

i=1(yi − y)2
(1)

2.5. Model Variation 1: New ISO 14243-1:2009 (Force-Controlled)

The newer ISO standard was adapted and compared to the version from the year
2002. In the new standard, some boundary conditions differ between the different inlay
designs. For example, there is a difference in the restraint system for cruciate-retaining
inlays compared to that for ultra-high-congruence inlays. To represent these changing
boundary conditions, the initial numerical model (ISO 14243:2002) was adapted accordingly
to meet the newer standard [13]. For the CR computer model, the spring elements were
changed to tension-only elements. In the resin body, an anterior-positioned spring, which
restrains posterior movement of the tibia, was added with a spring rate of 44 N/mm,
simulating a posterior cruciate ligament according to the ISO standard. In contrast, in the
resin body, a posterior-positioned spring with a rate of 9.3 N/mm was added to restrain
anterior movement of the tibia, simulating only the capsule of the knee, because no anterior
cruciate ligament is currently present in this type of prosthesis design. Furthermore, both
spring elements had no restraint in ±2.5 mm anterior/posterior movement from a neutral
position, also according to the ISO standard. The torsional spring was adapted to the new
standard with a restraint force of 360 Nmm/◦ and no restraint up to ±6◦ starting at a
neutral position. The boundary conditions and forces within the norm were equal to those
in the old ISO standard and therefore were not changed in this in silico model.

2.6. ISO 14243-3:2014 Model (Displacement-Controlled)

In contrast to the force-controlled standard, there is no anterior/posterior force or
internal/external torque defined in ISO 14243-3:2014. The movements in these directions
are displacement-controlled. These boundary conditions were changed in the computer
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model according to the ISO standard [14]. Furthermore, no restraint system is required
due to the displacement-controlled movement, which is why the spring elements were
removed in the in silico model. The axial force and flexion profile were not changed in the
model because they are equal to those in the force-constrained ISO standard.

3. Results

3.1. Validation

All different friction models showed a good comparison with the experimental move-
ment tests (Figure 2). The correlation coefficients for the anterior/posterior movement
ranged from r = 0.91 for the model with a frictional coefficient of 0.01 and r = 0.87 for a
frictional coefficient of 0.08. For the rotational data, also, all in silico models presented a
good trend compared to the experimental data. The correlation coefficients ranged from
r = 0.80 for a 0.01 friction coefficient and r = 0.81 for a 0.08 friction coefficient.

Figure 2. Validation with the deep dish (DD) inlay with different friction coefficients; (a) anterior/posterior (AP) movement,
(b) tibia rotation.

3.2. Comparison of FC-2002, FC-2009, and DC-2014 with the CR Inlay

The results of this comparison are presented in Figure 3. Stress in the CR inlay during
the gait cycle showed two peaks of 12.38 MPa and 9.27 MPa for FC-2002 and another two
of 20.59 MPa and 17.19 MPa for the DC-2014 standard. FC-2009 generated three maxima
of 11.15 MPa, 10.15 MPa, and 9.16 MPa. These results are also shown in Figure 4. For the
anterior/posterior translation of the tibia, one maximum was seen at 57% of the gait cycle
in the posterior direction (4.74 mm) for FC-2002, and a second maximum was observed at
71% of the gait cycle for FC-2009 in the anterior direction (7.51 mm). DC-2014 generated an
anterior/posterior movement profile of two maxima in the anterior direction, as predefined
at 18% and 57% of the gait cycle, with values of 4.47 mm and 5.13 mm, respectively.
Rotational data showed an internally rotating tibia for FC-2002, with a maximum of 6.18◦
at 54% of the gait cycle, and for FC-2009, with a maximum of 9.00◦ at 56% of the gait cycle.
DC-2014 generated, as predefined, one maximum at the end of the gait cycle of 90% in the
5.72◦ external direction.

66



Appl. Sci. 2021, 11, 3161

F
ig

u
re

3
.

R
es

ul
ts

of
st

re
ss

an
d

ki
ne

m
at

ic
an

al
ys

is
fo

r
di

ff
er

en
tI

SO
no

rm
s

(1
42

43
-1

:2
00

2,
14

24
3-

1:
20

09
,1

42
43

-3
:2

01
4)

an
d

in
la

ys
(c

ru
ci

at
e-

re
ta

in
in

g—
C

R
,d

ee
p

di
sh

—
D

D
,

ul
tr

a-
co

ng
ru

en
t—

U
C

).

67



Appl. Sci. 2021, 11, 3161

Figure 4. Stress in the cruciate-retaining (CR) inlay for different ISO norms: (a) first peak, (b) second peak, (c) third peak.

3.3. Comparison of Different Inlay Designs

In addition to the main questions, a comparison of different inlays within one standard
was carried out. Within FC-2002, the different design variants generated different stresses
and different anterior/posterior and rotational movement. The maximum stresses in
the CR, DD, and UC inlays were lower in FC-2002 and FC-2009 and higher in DC-2014.
Furthermore, FC-2009 generated no third peak value within the UC inlay in the swing
phase, unlike the other designs (CR and DD). Kinematic data showed different values
for FC-2002 and the CR inlay variant compared to the DD and UC designs. To be more
precise, between 20% and 50% of the gait cycle, the CR inlay moved less in the posterior
direction in FC-2002 than did the other designs. Anterior/posterior movement was similar
in FC-2002 for the DD and UC inlays. In FC-2009, more anterior movement was observed
with a maximum of 7.51 mm at 72% of the gait cycle with the CR inlay. The DD and UC
inlays showed less anterior movement at the same percentage of the gait cycle. The UC
inlay showed greater posterior movement of 9.69 mm at 60% of the gait cycle in FC-2009.
Rotational data showed no difference between the inlay designs for FC-2002 and DC-2014.
More internal rotation was seen for the CR inlay in FC-2009 compared to the DD and
UC inlays.

4. Discussion

The main important finding of this study is that the force-controlled norms of 2002 and
2009 are different in the resulting femorotibial kinematics and von Mises stress behaviour
within the inlay over the gait cycle. Moreover, the displacement-controlled standard from
2014 generated up to four times more von Mises stress in all three tested inlay designs.
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There were differences between FC-2002 and FC-2009 regarding the kinematic results
within the CR inlay. FC-2009 led to more internal rotation in all inlays than FC-2002.
Furthermore, at about 75% of the gait cycle, increased anterior movement was observed
with the FC-2009 norm compared to FC-2002. The ISO standard changed from 2002 to
2009 by modifying the anterior/posterior and torsional springs (30 to 44 N/mm and 600 to
360 Nmm/◦) and adding a slack condition for ±2.5 mm (a/p spring) and ±6◦ (torsional
spring). As a result, the movement experiences less resistance. This might explain the
increased anterior movement and internal rotation of the tibia in the model with the ISO
2009 standard for all inlays. The adapted force-controlled ISO from 2009 showed higher
mechanical stress during the gait cycle in the CR and DD designs, which might also lead
to higher wear rates. In general, the changes in the standard from 2002 to 2009 show
an increase in the range of motion. This can have a negative effect on the wear contact
area of both components in the form of increased wear. Studies by Grupp et al. and
Kretzer et al. were also able to confirm this observation with an increased amount of
abrasion particles found across different ISO norms [8,15,16]. Grupp et al. compared the
kinematics of posterior-stabilised inlays produced according to the standard protocol ISO
14243-1 versions from 2002 and 2009. In agreement with our results, they found a change
in anterior/posterior (AP) translation and internal/external rotation, which resulted in a
3.2 times higher wear rate. They came to the conclusion that a change in the kinematics has
a strong influence on the wear behaviour in TKA [16].

Compared to FC-2009, the displacement-controlled ISO standard (2014) can lead to a
higher mechanical load due to displacement-controlled movement. In the FC-2009 norm,
an additional peak at about 70% of the gait cycle occurred for CR and DD designs compared
to the older version. The maximum contact pressure occurred as expected with each inlay
on the medial side. However, DC-2014 showed a more dorsal distribution of the pressure,
resulting in a smaller surface. This can be explained by the fact that displacement control
dictates anterior movement of the inlay, whereas force control is directed both anteriorly
and posteriorly. The DC-2014 standard is controlled by a defined path. This control
mechanism does not account for possible resistance in the joint. Therefore, the standard
automatically leads to more movement in the prosthetic joint and creates more von Mises
stress. Increased stress in the inlay can also lead to increased wear of the prosthesis. This
fact leads to the problem that if the prostheses are tested with different standards, higher
wear cannot automatically be attributed to the type of prosthesis. The different results of
the tested standards are extremely limited in terms of comparability.

In a comparison of different inlay designs, increased movement in the posterior
direction with a maximum at the beginning of the swing phase was only seen in the
UC inlay for FC-2009. The more paradoxical posterior displacement of the UC inlay
can be explained by the different definition of the restraint spring system (9.3 N/mm vs.
44 N/mm). The maximum total rotation increased from 7.0◦ to 10.1◦ for the UC inlay. A
similar increase from 5.2◦ to 12.0◦ was also determined by Grupp et al., who investigated
the renewal of the norm using a posterior stabilised inlay [16]. Kretzer et al. found an
increase from 4.1◦ to 7.7◦, where only the change in the nonlinear spring constraint was
congruent with this experiment, since the level of resistance of the springs remained the
same [8]. Regarding the stress in the DC norm, the DD and UC inlays for the displacement-
controlled standard had the highest values. The DC norm forces the inlay to a specified
position, so that the strong curvature of the inlay acts as a resistance to the femur and
thus leads to an increased pressure load on the inlay surface. Barnett et al., Knight et al.,
and McEwen et al. also came to the conclusion in previous work that different kinematic
conditions specified by different ISO standards lead to changes in wear [17–19]. Wear
was demonstrably decreased when AP movements and internal/external rotation were
reduced. Zietz et al. confirmed as much [20]. Even the definition of the ISO standard states
that “(..) this part of ISO 14243 may not be applicable to knee designs with a high degree of
constraints (..)” [14]. This statement can be interpreted as a warning that inlays like UC
and possibly DD should not be tested with this standard; however, it does not prohibit it.
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This explains the extremely high values and deviations in standards for the UC and DD
inlays compared to the CR inlay.

The created finite element model (FEM) was first validated using existing experimental
data for the DD inlay. A mean value of 0.05 for the coefficient of friction seemed appropriate
for further calculations. Godest et al. used a similar approach in their work and achieved
comparable results [21].

Of course, our study has some limitations. One is that the calculations are based on
a computer model. A model can only ever give an approximation of the actual results
in humans. Furthermore, it must be noted that this is not an in vivo study. Moreover, a
computer model always brings a certain amount of error into the calculations. Components
that are not represented within the simulation compared to the experiment may influence
results. Therefore, a validation process is mandatory for each in silico computer model to
ensure slight and unrecognised different loadings. Another limitation is that our computer
model did not measure the wear, so due to the changed kinematics and contact stress only
a tendency can be expressed.

5. Conclusions

In conclusion, it can be stated that all ISO standards induced different stresses, AP
movement, and tibia rotation in all inlay designs. The adapted force-controlled ISO from
the year 2009 showed higher mechanical stress and AP motion during the gait cycle
because of the different spring system. The displacement-controlled ISO led to higher
mechanical stress. If the results of the present study are considered in light of the new MDR,
it becomes clear that not only must the same standard (force-controlled vs. displacement-
controlled) basis be used for testing new products, but the same version must also be
used (2002 vs. 2009 vs. 2014). If older, already-approved medical devices are tested using
an older ISO standard version, the results of kinematics and pressure behaviour are not
comparable. Thus, approval of a medical product by the MDR should only be given if
the test requirements are the same. Future studies should analyse different inlay designs
within the same ISO standards to guarantee comparability.
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Abstract: The calculation of range of motion (ROM) is a key factor during preoperative planning
of total hip replacements (THR), to reduce the risk of impingement and dislocation of the artificial
hip joint. To support the preoperative assessment of THR, a magnetic resonance imaging (MRI)-
based computational framework was generated; this enabled the estimation of patient-specific ROM
and type of impingement (bone-to-bone, implant-to-bone, and implant-to-implant) postoperatively,
using a three-dimensional computer-aided design (CAD) to visualize typical clinical joint move-
ments. Hence, patient-specific CAD models from 19 patients were generated from MRI scans and
a conventional total hip system (Bicontact® hip stem and Plasmacup® SC acetabular cup with a
ceramic-on-ceramic bearing) was implanted virtually. As a verification of the framework, the ROM
was compared between preoperatively planned and the postoperatively reconstructed situations; this
was derived based on postoperative radiographs (n = 6 patients) during different clinically relevant
movements. The data analysis revealed there was no significant difference between preoperatively
planned and postoperatively reconstructed ROM (ΔROM) of maximum flexion (ΔROM = 0◦, p = 0.854)
and internal rotation (ΔROM = 1.8◦, p = 0.917). Contrarily, minor differences were observed for the
ROM during maximum external rotation (ΔROM = 9◦, p = 0.046). Impingement, of all three types,
was in good agreement with the preoperatively planned and postoperatively reconstructed scenarios
during all movements. The calculated ROM reached physiological levels during flexion and internal
rotation movement; however, it exceeded physiological levels during external rotation. Patients,
where implant-to-implant impingement was detected, reached higher ROMs than patients with bone-
to-bone impingement. The proposed framework provides the capability to predict postoperative
ROM of THRs.

Keywords: joint replacement; hip joint; range of motion; impingement

1. Introduction

Total hip replacement (THR) constitutes the gold standard for the treatment of end-
stage hip osteoarthritis and is currently performed more than 230,000 times per year
in Germany [1,2]. In 2015, the incidence of THR surgery was 166 per 100,000 cases in
the OECD34 region [3]. This number is expected to rise [4–6] due to an increase in life
expectancy of a globally aging population [5,7]. In this context, complications after THR
represent an economic burden for the world healthcare system, which is primarily owing
to an increasing number of primary and revision operations [5].

Despite improvements in surgical techniques and implant designs, impingement and
dislocation constitute a crucial cause of failure of THR; this is due to a limited postoperative
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range of motion (ROM) during activities of daily living [7,8]. Besides aseptic loosening,
dislocation is one of the major complications of hip replacement [1,9–11]. In the USA,
dislocation is considered as the most common indication for revision surgery [8]. A high
ROM is essential, especially for patients with extreme movements in different populations
worldwide as well as for young and more active patients [9,10]. Besides bone and prosthetic
impingement, the ROM of THRs may also be limited due to the surrounding soft-tissue
structures [11]. The impingement process and, thus, the resulting ROM are dependent on
patient-specific anatomy, the implant design, and intraoperative implant position, as well as
the condition of the surrounding patient-specific soft-tissue structures [12–20]. Additionally,
impingement can cause hip joint instability, induce wear or damage to the articulating
implant surfaces, reduce the implant fixation, and cause total hip dislocation [16,21,22].
Moreover, impingement of the femoral neck on the acetabular cup can result in increased
wear and liner damage due to higher contact pressure at the contact point, presenting a
higher risk for subluxation or dislocation [21]. Hereby, impingement is responsible for the
lever arm to lever out the prosthetic head from the acetabular cup.

Currently, the occurrence of impingement is manually assessed by an orthopedic
surgeon, by intraoperatively imposing specific motion patterns while the impingement is
detected [23]. To analyze the maximum ROM of different implant designs, several exper-
imental [24–29] and computational studies [13,18,20,21,23,30–38], using computer-aided
design (CAD), finite element analyses, or multibody simulations, have been conducted.
Previous studies described the effect of the orientation of the acetabular cup, prosthetic
head size on the impingement, and risk of dislocation [21,39,40]. A recent computational
study conducted by Widmer et al. [41] optimized the recommendations to reach the largest
impingement-free ROM, by finding optimal target zones for implant positioning; this
was achieved by using 3D kinematic hip motion analyses with respect to the contribution
of various intraoperative positioning and implant design parameters. In a retrospective
study, the sagittal orientation of the pelvis after THR was investigated, which is an im-
portant factor for functional cup orientation [42]. However, most of the studies did not
consider real patient-specific data or were mostly based on computed tomography (CT)
scans, which were hazardous for the patient, and, therefore, not the first choice in a pre-
operative planning scenario. The ROM is linked to the postoperative outcome and has
attracted attention from the research community by using experimental and numerical
methods [21,30,38,41,43–52]. Despite these studies, there is, to our knowledge, no approach
that can be used to assess ROM in preoperative planning without subjecting the patient to
additional radiation by CT scanning. In this regard, due to the high anatomical variability
of hip joint geometry, patient-specific geometries are needed to perform more realistic
computational preoperative analysis [23,32].

We aimed to prove the feasibility of investigating ROM, based on patient data, using
the proposed methodology which enables the computational prediction of postoperative
ROM, depending on the component selection and alignment. Therefore, we introduce
a magnetic resonance imaging (MRI)–based computational framework to support the
preoperative assessment of THRs. In this context, MRI allows computational reconstruc-
tion of the bone structures, enabling the virtual implantation of different endoprosthetic
designs and various implant positioning. Moreover, this ensures that patients undergoing
a computational assessment of ROM using the proposed methodology are not exposed to
additional amounts of radiation. The framework will be subjected to verification steps, to
enable the estimation of the patient-specific ROM and type of impingement (bone-to-bone,
implant-to-bone, and implant-to-implant) postoperatively by using three-dimensional
CAD, which will visualize typical clinical movement maneuvers. Hence, we generated
patient-specific CAD models from THR patients from MRI scans (n = 19) and calculated
the ROM of a virtually implanted and commercially available THR system for this patient
cohort. Additionally, the ROM was compared between the preoperatively planned and
the postoperatively reconstructed situation; the latter was derived from postoperative
radiographs. Finally, we used the proposed framework to evaluate the effect of differ-
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ent implant-specific parameters (size of the prosthetic head and acetabular cup) on the
estimated postoperative ROM of the patients.

2. Materials and Methods

2.1. Overview of the Deployed Framework

In this study, we introduce a new computational framework (Figure 1), which is
based on non-invasive MRI data of patients, and a previously described method of CAD
modeling [18,24,30,53]; this enables the estimation of the patient-specific ROM for THRs
during the movements similar to ISO-21535 and clinical joint movements [54–57].

Figure 1. The computational framework for the preoperative calculation of the patient-specific range of motion (ROM) after
subjection to virtually performed total hip arthroplasty. Note that the postoperative radiograph is solely used to generate
the postoperatively reconstructed situation, which is intended to be used to compare the ROM with the preoperatively
planned situation. Therefore, this is not necessary for the intended framework, i.e., the estimation of the postoperative ROM
during preoperative planning based on MRI data.

On the one hand, the implant component alignment was derived from the preop-
eratively planned situation. On the other hand, the alignment was derived from the
postoperatively reconstructed situation, enabling comparison between both situations. In
this context, 19 patients (8 females and 11 males) suffering from hip osteoarthritis and
scheduled for THR (Universitätsklinikum, Dresden, Germany) were selected to investigate
the ROM of the artificial joint after virtual implantation of a THR (Figure 1). The mean
age of the 19 patients was 52.1 ± 7.2 years. More precisely, six of these patients received
surgical treatment with a Bicontact hip stem system (Aesculap AG, Tuttlingen, Germany),
where the implant component alignment was virtually reconstructed using postoperative
radiographs by the method of Liaw et al. [58]. The Bicontact hip stem (size from 10 to
16), with different centrum–collum–diaphyseal (CCD) angles (128◦ and 135◦), was com-
bined with a ceramic ball head (diameter 28 to 36 mm, cone 12/14 mm) consisting of
BIOLOX®delta (CeramTec, Plochingen, Germany). Furthermore, the acetabular cup (outer
diameter 46 to 60 mm, Plasmacup® SC) (Aesculap AG, Tuttlingen, Germany) was equipped
with the Plasmacup® delta ceramic liner (BIOLOX®delta, inner diameter 28 to 36 mm). All
the patient cases with the implant-specific parameters are presented in Table 1. Note that
intraoperative deviations from preoperative planning have occurred and, therefore, some
patients have been treated with different implant component sizes. Regarding the THR
design, different implant-specific design parameters for the examined THR are depicted in
Figure 2.
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Figure 2. Virtually implanted total hip replacement (Bicontact® hip stem and Plasmacup® SC
acetabular cup with a ceramic-on-ceramic bearing). The virtual implantation was carried out by an
experienced orthopedic surgeon. Implant design parameters are subject to variation for the implant
shaft (neck-to-shaft angle CCD, neck length L, head offset O, neck length L, and head diameter H) as
well as for the acetabular cup (diameter C) of the analyzed total hip replacement.

2.2. Geometry Data Acquisition

For each patient, preoperative MRI scans of the native hip joint (hi-res, voxel-size
1.8 mm) and an overview MRI of the distal femur and the pelvis were conducted. Addi-
tionally, standard pre- and postoperative radiographs (anterior–posterior projection) of
the hip joint treated with THR were acquired. The study was approved by the local ethics
committee (EK 175052011). Written informed consent was obtained from all patients before
participation.

The MRI files of the patients were imported in the software package Amira (v.5.4.1,
Zuse Institute Berlin, Berlin, Germany; Thermo Fisher Scientific, Waltham, MA, USA),
to reconstruct the 3D bone surface models using triangulated surfaces. The 3D surface
models of the bony structure of the femur and acetabulum were obtained (Figure 1) by
manually segmenting the bony structures slice per slice. Subsequently, the resulting 3D
surface models were smoothed and converted into surfaces of mathematically defined
non-uniform rational B-splines (NURBS) using Geomagic Studio (v.2013, 3D Systems, Rock
Hill, SC, USA) [59]. In this manner, we enabled the subsequent virtual implantation of
THR implants.

Accordingly, an established joint coordinate system of the pelvis was generated ac-
cording to Kluess et al. [18]. The pelvic coordinate system was created, originating out of
the center of rotation of the hip joint, by fitting a sphere into the articulating joint surface
of the acetabulum and defining its orientation using anatomical landmarks. The x-axis
connected the right and left spinae iliacae anterior superior; the z-axis touched the pubic
symphysis and was directed cranially. Consequently, the y-axis was defined perpendicular
to the x- and z-axis. The axes were translated into the center of rotation, and the Cartesian
coordinate system, which refers to the anterior pelvic plane, was set up. In anatomical
terms, this means that the x-axis represents the medio-lateral direction; the y-axis, the
anterior–posterior direction; and the z-axis, the inferior–superior direction.

The femoral coordinate system was generated using the anatomical frontal, sagittal,
and transversal planes, which were defined by anatomical landmarks [18]. The frontal
plane was defined as being tangential to three points: the most posterior points of the
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medial and lateral femoral condyles, and the most posterior point of the trochanter minor.
The sagittal plane was perpendicular to the frontal plane and contained the most lateral
points of the condylus lateralis and trochanter major. Additionally, the transversal plane
was perpendicular to the frontal and sagittal plane and contained the most distal point of
the femoral condyles. Additionally, the condylar notch was marked to allow reconstruction
of the mechanical axis after virtual implantation. The defined planes were transformed
into the center of rotation of the hip joint, which was defined using a spherical best-fit
algorithm at the femoral head and acetabulum.

The virtual implantation of the THR and the ROM analyses were conducted with the
CAD software Creo Parametric (v.2.0, Parametric Technology Corporation, Boston, MA,
USA) according to the preoperatively planned and postoperatively reconstructed situation,
where the components were aligned under the supervision of one experienced orthopedic
surgeon using clinical imaging data.

2.3. Preoperatively Planned Situation

To represent the ideal configuration of the THR, implants were positioned according
to the surgical technique of the manufacturer and preoperative planning. Prior to the
placement of the femoral hip stem, virtual resection of the femoral head was performed
using Boolean operations, resembling the principle of step osteotomy and an osteotomy
plane angle of 55◦ relative to the femoral shaft axis (Figure 2). After virtual osteotomy, the
hip stem equipped with the prosthetic head was aligned parallel to the shaft axis of the
proximal femoral bone. The placement of both the THR components aimed for the best
possible restoration of the preoperative center of rotation of the hip joint. Furthermore, the
prosthetic shaft was well centered in the medullary femoral canal. Finally, the acetabular
cup was aligned with 45◦ of inclination and 15◦ anteversion referenced to the anterior
pelvic plane.

2.4. Postoperatively Reconstructed Situation

The postoperative situation of the THR was reconstructed by virtual implantation
based on postoperative radiographs of the hip joint. Due to metallic artifacts in the
postoperative MRI data, the preoperative MRI scans were also used for virtual implantation.
In particular, the postoperative acetabular cup position was derived from two-dimensional
anterior–posterior radiographs of six patients who received the Bicontact hip system (Table
1). The definitions for radiological inclination and anteversion were adopted from Murray
et al. [60]. Therefore, radiologic inclination angle α was derived from the postoperative
radiograph, measuring the angle between a line defined by the lowest points of both
ischiadic bones and a line defined by the two edges of the acetabular cup. The anteversion
angle β was determined according to Liaw et al. [58], where α is the inclination angle,
μ is the correction angle, S is the short axis of the ellipse, and L is the long axis of the
ellipse, which is derived from the projection circular opening of the acetabular cup in the
two-dimensional radiograph.

β = tan−1
(

tan
(

tan−1
(

tan
(

sin−1 (
S
L
)

)
∗
(

1
sin (α)

))
+ μ

)
∗ sin(α)

)
(1)

The correction angle μ reduces the error due to the perspective projection. It was
determined with the following equations using anatomical landmarks [61]:

u = tan−1((
x
2
+Δx)/z) (2)

z =
x
2

/ tan 5.46◦ (3)

where Δx represents the distance between the symphysis pubis and a perpendicular line in
the middle of the radiograph, x is the distance between the left and right acetabular center
of rotation, and z is the distance of the radiation source from the image plane [61].
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Similarly, the virtual implantation of the THR was conducted analogously to the
procedure during the configuration, according to the preoperatively planned situation.
The acetabular cup was aligned using the inclination and anteversion angles derived
previously from the anterior–posterior radiographs, and the femoral stem was implanted
using postoperative radiographs for deriving the alignment. The antetorsion of the native
femur and the virtually implanted femoral hip stem was determined according to the
method of Dunlap et al. [62]. First, the transepicondylar axis on the distal femur of each case
was determined using the Amira software (v.5.4.1, Zuse Institute Berlin, Berlin, Germany;
Thermo Fisher Scientific, Waltham, MA, USA). The transepicondylar axis, femoral neck axis,
and implant neck axis were projected to the horizontal plane perpendicular to the femoral
shaft axis for each case. Based on the horizontal plane, the anteversion of the virtually
implanted hip stems was determined. The final positions of the implant components after
virtual implantation, according to the data described above, were verified for each case by
an experienced orthopedic surgeon.

2.5. Analysis of Range of Motion

The ROM analysis was conducted with Creo Parametric (v.2.0, Parametric Technology
Corporation, Boston, MA, USA) by deploying a kinematic motion analysis, using a kine-
matic chain. In this manner, a predefined motion until impingement was applied to the hip
joint. The coordinate systems of the femur and acetabulum, respectively, were translated
to the center of rotation of the virtually implanted acetabular cup and into the center of
rotation of the virtually implanted femoral head. Subsequently, the initial positioning of
the pelvic bone and the femur to each other was performed according to the anatomical
positional relationships. The collision detection routine of Creo Parametric was considered
to detect the occurrence of impingement situations [18]. For this, the contact was defined
between the external surfaces of the femur and the pelvis, between the femoral hip stem
and the acetabular cup, and between the femoral hip stem and the liner. The motion
was stopped when a collision between bone and bone, implant and bone, or implant and
implant was detected.

The rigid bodies of bones and implant components were connected by ideal joints to
set up a kinematic chain. The acetabulum was assumed to be ground fixed, followed by
the acetabular cup and liner, which were also fixed to the pelvic bone. The prosthetic head,
together with the hip stem, was fixed to the femoral bone and these were connected to the
acetabular cup and liner fixed to the pelvic bone by a spherical joint, with a fixed center of
rotation. The kinematic chain represents an open-loop mechanism. A virtual servomotor
with a constant angular velocity was used to impose a specific motion in one degree of
freedom between the two bodies along a predefined fixed rotational axis of the joint.

Generally, the motion was started at the initial configuration for each load case and
continued until impingement [23,63] was detected. In our approach, impingement between
femoral configuration—consisting of the femoral bone, stem, and prosthetic head—and
pelvic configuration—consisting of the pelvic bone, acetabular cup, and liner—was rec-
ognized. The definition of contact in this algorithm is the occurrence of the intersection
between pelvic and femoral configuration. The hip joint angle at this specific position was
then recorded as the functional ROM of the THR. Within the ROM analysis, three different
movements similar to ISO-21535 and typical clinical joint movements [54–57] were consid-
ered (Figure 3): maximum flexion from neutral (maxFlex), combined internal rotation at
90◦ flexion (IR@90Flex), and combined external rotation at 90◦ flexion (ER@90Flex).
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Figure 3. Depiction of the analyzed movements considered in the ROM analyses: maximum flexion
starting from neutral (maxFlex) (A), internal rotation at 90◦ flexion (IR@90Flex) (B), and external
rotation at 90◦ flexion (ER@90Flex) (C).

The neutral position of the hip joint for the maxFlex movement is defined by bringing
the sagittal plane and transversal plane of the pelvis into coincidence with the sagittal
plane and transversal plane of the femur. The flexion axis is defined by the intersection of
the transversal and frontal plane. A flexion rotation was applied until impingement was
detected.

For IR@90Flex and ER@90Flex, the mechanical axis of the femur, which is defined by
the condylar notch and the center of rotation of the femoral head, was used as a femoral
rotational axis. The initial configurations of these motions were generated by applying
90◦ of flexion, using the neutral position of the maxFlex motion. Subsequently, internal
rotation or external rotation started and was performed until impingement was detected.

Finally, the resulting ROM and type of impingement (bone-to-bone, implant-to-
implant, and implant-to-bone) were analyzed during the three movements.

2.6. Analyzed Parameters

Within the framework of the study, the results for the preoperatively planned situation
were compared with the postoperatively reconstructed situation for the n = 6 patients
(13 patients had to be excluded due to different treatment options with other THR designs),
who received the Bicontact total hip replacement system as planned. The mean ROM
and the achieved ROM, depending on the type of impingement, were evaluated during
flexion, internal rotation, and external rotation. Moreover, the quantity for each of the three
impingement types was also evaluated.

The influence of the design-specific parameters of the Bicontact implant system for
n = 9 patients on the resulting ROM was investigated in terms of the CCD angle, acetabular
cup size, prosthetic head size, and head offset. These implant configurations were derived
from a preoperative surgery planning tool by an orthopedic surgeon.

2.7. Statistical Metrics

All data given in the diagrams are expressed as mean values ± standard deviation
(SD). The deviation in ROM (ΔROM) between the postoperatively reconstructed and pre-
operatively planned situation was calculated using the median of differences. Statistical
analyses were performed using SPSS V27.0 (SPSS® Inc., Chicago, IL, USA), to determine
statistically significant differences in the ROM of the preoperatively planned situation and
postoperatively reconstructed situation for each of the three movements. Both situation
groups within the movements, maxFlex, IR@90Flex, and ER@90Flex, were examined for
statistically significant differences with the Wilcoxon test. The preoperatively planned
situation and postoperatively reconstructed situation of the same patient were assumed to
be combined samples. A level of p ≤ 0.05 was considered statistically significant.
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3. Results

3.1. Comparison of ROM and Predominant Impingement Type between the Preoperatively Planned
and Postoperatively Reconstructed Situation

The maximum ROM until impingement was evaluated for all patients according to
the preoperatively planned and postoperatively reconstructed situation. Concerning the
postoperatively reconstructed situation, n = 6 patients were compared with the respective
preoperatively planned situation (Figure 4).

 

Figure 4. Comparison of the range of motion using implantation according to preoperatively planned situation (pps) and
postoperatively reconstructed situation (prs) for each patient during maximum flexion (maxFlex), internal rotation at 90◦ of
flexion (IR@90Flex), and external rotation at 90◦ flexion (ER@90Flex) for n = 6 patients. (A) Mean range of motion with
standard deviations until impingement during the three movements for n = 6 patients. Note that the median of range of
motion values are depicted as diamonds. (B) Quantity N of the impingement type (BBI, bone-to-bone impingement; II,
implant-to-implant impingement; IBI, implant-to-bone impingement).

The mean femoral stem antetorsion was 6.9◦ ± 9.1◦ for preoperatively planned sit-
uation and 4.5◦ ± 4.6◦ for the postoperatively reconstructed situation. Regarding the
acetabular component, the cup was implanted with 45◦ inclination and 15◦ anteversion
for the preoperatively planned situation and 39.7◦ ± 4.7◦ inclination and 22.9◦ ± 6.6◦
anteversion for the postoperatively reconstructed situation. The ROM analysis (Figure 4A)
showed no significant difference between both groups for flexion (ΔROM = 0◦, p = 0.854)
and internal rotation movement (ΔROM = 1.8◦, p = 0.917). Contrarily, a significant difference
was detected during external rotation (ΔROM = 9◦, p = 0.046). Regarding the impingement,
the postoperatively reconstructed situation showed a shift to more implant-to-implant
impingement for internal rotation. During flexion and external rotation, larger angles up
to the implant-to-implant impingement were determined in the analysis of the postop-
eratively reconstructed situation (Figure 4B). In the case of bone-to-bone impingement,
the flexion angles of 143.1 ± 2.7◦ and 140.4 ± 5.4◦ were determined in the preoperatively
planned and postoperatively reconstructed situation, respectively.

3.2. Investigation of ROM and Predominant Impingement Type for the Preoperatively
Planned Situation

The femoral stem antetorsion, which included n = 19 patients, preoperatively ranged
from 0.4◦ to 40◦. The comparison of the ROM for the three motions is depicted in Figure 5A.
After virtual implantation, 124.3◦ ± 14.5◦ of mean flexion was reached. Internal rotation
averaged at 37.5◦ ± 12.9◦ and external rotation at 102.6◦ ± 13.6◦. Compared to phys-
iological ROMs [18,64], similar values were observed for flexion and internal rotation.
Contrarily, the ROM for external rotation of the patients treated with THR exceeded the
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physiological ROM [54]. Within the ROM analysis, the different types of impingement at
maximum ROM was detected depending on the movement (Figure 5B). Regarding the
type of impingement, a maximum flexion of 128.7 ± 13.0◦ up to the implant impingement
was detected. In the case of bone-to-bone impingement, the ROM slightly decreased to
122.3◦ ± 14.7◦. The predominant type of impingement at the flexion movement (Figure 5B)
was bone-to-bone impingement with N = 13, followed by implant-to-implant impingement
with N = 6, while for internal rotation, implant-to-implant impingement with N = 10 was
followed by bone-to-bone impingement with N = 8. Implant-to-implant impingement
was the most dominant type of impingement during external rotation, which occurred
in 17 out of 19 patients. It is apparent (Figure 5B) that bone impingement restricted the
ROM more than implant impingement during all movements. It is also noteworthy that
implant-to-bone impingement occurred only once in all 19 patients.

 
Figure 5. Comparison of the range of motion using implantation according to preoperatively planned situation for
each patient (n = 19) during maximum flexion (maxFlex), internal rotation at 90◦ of flexion (IR@90Flex), and external
rotation at 90◦ flexion (ER@90Flex). (A) Mean range of motion with standard deviations until impingement during the
three movements. Physiological ROM are represented from literature studies for maxFlex and IR@90Flex [18,64], and
ER@90Flex [54]. (B) Quantity N of impingement type (BBI, bone-to-bone-impingement; II, implant-to-implant-impingement;
IBI, implant-to-bone-impingement).

3.3. Influence of Implant Related Factors on ROM for the Preoperatively Planned Situation

Figure 6 gives an overview of the ROM concerning the implant-specific design
parameters–stem size, CCD-angle, acetabular cup size, prosthetic head size, and femoral
neck length for the preoperatively planned situation (n = 19 patients). The results in re-
lation to CCD-angle (Figure 6A) showed that there was a minor decrease in ROM using
a higher CCD-angle during flexion (125.3 ± 16.1◦ for 128◦ CCD-angle and 120.6 ± 2.5◦
for 135◦ CCD-angle). Contrarily, the ROM was slightly higher when CCD-angle was
increased (101.3◦ ± 14.7◦ for 128◦ CCD-angle and 107.6 ± 6.0◦ for 135◦ CCD-angle) during
external rotation.
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Figure 6. Results of the ROM analysis depending on implant-specific design parameters during maximum flexion (maxFlex),
internal rotation at 90◦ flexion (IR@90Flex), and external rotation at 90◦ flexion (ER@90Flex): (A) CCD-angle; (B) acetabular
cup size; (C) prosthetic head size; (D) prosthetic head offset.
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It was observed that as the acetabular cup size was increased, progressively more
ROM during flexion was achieved (Figure 6B). For instance, impingement occurred at
103.5◦ ± 0.9◦ during flexion in case of a 46 mm cup, while impingement occurred at 145.8◦
of flexion in case of a 60 mm cup. A larger cup was also related to a higher maximum
internal rotation at 90◦ of flexion (increased by up to 130%), whereas no clear trend was
observed during external rotation. Figure 6C depicts the ROM depending on the head size,
where each patient received a femoral stem equipped with a taper 12/14, which establishes
the connection between stem and head. Every stem had, therefore, the same neck diameter,
which links the prosthetic head size directly to the head-to-neck ratio. For this patient
group, the head-to-neck ratio ranged from 2.07 for a 28 mm head to 2.67 for a 36 mm head
(reported in Table 1 for all patients). The ROM until impingement increased with increasing
head size. Accordingly, the head size of 28 mm resulted in 103.5◦ ± 0.9◦ and a head size
of 36 mm resulted in 129.9◦ ± 13.9◦ during flexion. During internal rotation, the ROM
rose from 18◦ ± 1.8◦ (28 mm head size) to 41.7◦ ± 12.7◦ (36 mm head size). A higher head
offset (Figure 6D), which was defined by the design of the prosthetic head, was paired
with a higher ROM during flexion (114◦ ± 7.5◦ on average for type S vs. 133.8◦ ± 12.2◦
for type XL) with a mean improvement of 19.8◦. Likewise, this finding could be observed
during internal rotation (33.4◦ ± 8.7◦ on an average for type S and 45.3◦ ± 14.6◦ on an
average for type XL) with a mean improvement of 11.9◦. Similar to the behavior observed
for the prosthetic head size, no influence of the femoral neck length was detected during
external rotation.

4. Discussion

After THR, the ROM is an important factor for patient satisfaction, as it is a major pa-
rameter that can restrict activities of daily living, especially in cultures where a higher ROM
is demanded [9,10]. Additionally, impingement limits the ROM and is a common cause of
postoperative instability [47,65]. ROM analyses have raised much attention from the re-
search community using experimental [24–29] and numerical methods [21,30,43,44,46–50].
However, to the best of our knowledge, there is no approach published to assess ROM after
THR in surgery planning without applying additional radiation to the patient; for example,
by CT scanning. To fill this gap and to provide a tool for computational assessment of
ROM, we developed a framework for ROM analysis, based on preoperative MRI data
and anterior–posterior radiographs, the latter being usually performed before THR for
preoperative planning. Similar to the approach of Gilles et al. [66], we used preoperative
MRI data to derive the CAD model of the bony structures. In contrast to their study,
we manually segmented the MRI data to get our patient-specific volume models. This
time-consuming approach needs to be replaced by more efficient and automatic methods
like statistical shape modeling [67,68]. The main advantage of our method is that bone
geometries from real patients scheduled for THR and the real implant geometry were used
for the analyses.

Another advantage is that no patient undergoing computational assessment of ROM
with the proposed methodology will be subjected to additional radiation. Hence, our
MRI-based framework is capable of estimating postoperative ROM in a realistic manner
and, thus, may support clinical decision-making in the future.

The positioning of the implant components between the preoperatively planned and
postoperatively reconstructed situation showed an acceptable agreement in terms of the
acetabular cup inclination and anteversion. However, it should be noted that the MRI scans
and radiographs were acquired in the supine position of the patient. In this context, it is
important to emphasize that there is a change in pelvic tilt between the supine and standing
positions [69]. Further, in the literature, average changes of the pelvic tilt from preoperative
supine to the standing position between 2◦ and 7◦ in posterior direction were reported [70],
while with each degree of pelvic tilt, the radiographic cup anteversion changes nearly
by 0.7◦ [69]. However, neither the pelvic tilt during MRI nor the supine position on the
operating table accurately reflects the functional pelvic tilt for all patients, resulting in
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a difference in functional cup orientation between the supine and standing positions.
Comparing the preoperatively planned ROM with the postoperatively reconstructed one,
no significant differences were observed for flexion and internal rotation, while a significant
difference was detected for external rotation. The detection of the type of impingement
agreed well between preoperatively planned and postoperatively reconstructed situations,
except in one case for external rotation and two cases for internal rotation. The ROM
reached physiological levels during flexion and internal rotation, which is in agreement
with previous studies [18,44,46,47,54]. This supports the reliability of our results, which
are based on the previously described CAD methods [18,30,38,53]. Regarding the observed
impingement type, our results showed that the ROM in flexion was more likely restricted
by bone-to-bone impingement, whereas internal and external rotations were more likely
restricted by implant-to-implant impingement. Therefore, restriction of flexion is not
only caused by implant-to-implant geometry but mostly by the alignment of the implant
components in femoral and pelvic bone [33]. The ROM for bone-to-bone impingement,
which is known as a major cause of limited ROM of the hip joint, was lower compared to
implant-to-implant impingement, which is in line with the literature [23,32,71]. However,
it should be carefully noted that the virtual ROMs during external rotation exceeded the
clinical expectations [35,55,57], most likely due to the neglected active and passive parts
of the soft-tissue structures, which are known to limit the ROM. This is also supported by
the study of Tannast et al. [64], where they have investigated the impingement on cadaver
specimens and reported that computational assessment of ROM tended to overestimate the
values due to the absence of soft-tissue structures. Moreover, our results are in excellent
agreement with a recent study conducted by Han et al. [54], where they reported that
neglecting soft-tissue structures in computer simulations led to significant overestimation
of hip ROM up to 68.1◦ for external rotation at 90◦ flexion (more than 60◦ in our results).
Therefore, the ROM for such movement is not only controlled by bone-to-bone or implant-
to-implant impingement but also limited by the surrounding soft-tissue structures of the
hip joint, i.e., muscles, capsule, labrum, and ligaments [54,64]. Hence, the results for
external rotation at 90◦ flexion should not be taken for direct comparison with data from
clinical examinations of patients.

Regarding the influence of THR design parameters, we observed a minor influence
of the CCD angle on ROM for all movements, which is in accordance to the study by
Widmer et al. [51]. It is also known that a change in CCD angles requires adaption of
cup anteversion, to overcome the reduction of ROM caused by increased CCD angle [41],
which we also observed during flexion movement. However, inaccuracy of the manually
performed alignment of the femoral hip stem is a factor that influences the ROM as a
function of the CCD angle. Considering the acetabular cup, increasing the cup size led to
higher ROM in the flexion and internal rotation movements. Since prosthetic impingement
was mostly between the neck and the liner, the cross-interference of other parameters can
influence the ROM. The underlying factor in the increased ROM may be the prosthetic
head diameter because the patients with a larger cup also received a larger head (Table 1).
Therefore, the increase of ROM is most likely caused by the resulting higher head-to-neck
ratio. Additionally, there is no systematic methodology available to assess stem antetorsion
from radiographs, which also complicates the efforts to reconstruct postoperative alignment.
A second limitation is the fact that the bone geometries of 19 patients were used for this
investigation, which leads to the additional cross-interference of varying bone geometry.
With respect to parameter studies, our MRI-based framework could be used for analyzing
the interplay between implant positioning and design parameters, such as head-to-neck
ratio, CCD angle, head size, and stem antetorsion as well as cup anteversion and inclination
as previously shown in the comprehensive computational study conducted by Widmer
et al. [41]. Moreover, our framework may contribute to an improved preoperative planning
in the future by virtually testing off-the-shelf endoprosthetic designs, thus assisting an
orthopedic surgeon to select a proper implant design in terms of personalized component
positioning based on the patient’s requirements, i.e., to maximize the impingement-free
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ROM. Another limitation was that the hip joint was assumed to have a fixed center of
rotation during motion. In fact, the prosthetic head and liner are not perfectly congruent
due to the clearance between head and acetabular cup, allowing translational degrees of
freedom [27]. Additionally, we observed that an increased head size allowed more ROM
during flexion and internal rotation, which was shown to extend the range for orienting
the acetabular cup [41]; this is in agreement with previous studies [21,25,30,41,43]. The
increase in ROM owing to the higher head size can be explained with the higher head-
to-neck ratio, which causes delayed contact between the femoral neck and the acetabular
cup [72]. We observed a similar tendency for internal rotation as Kluess et al. [21], where
increasing head diameter led to more ROM. It is also noteworthy that increasing the head
size would decrease the contact stresses at the liner during subluxation as well as lower
component damage and the risk of dislocation [21,25,41], which is supported by clinical
experience [73,74]. It has to be taken into account that increasing the head size not always
increased ROM. The reached ROM is also dependent on the femoral neck configuration,
which can lead to the unexpected event of reduced ROM despite larger head sizes for very
short neck length, caused by loss of femoral offset [49]. On the other hand, we observed
higher ROM for an increased head offset, which was also observed by other research
groups [25,41,49]. Our findings confirm this well-known correlation as well as the clinical
experience that increasing the offset reduces the risk for dislocation in THR [18,41,52,53,75].
Furthermore, this is also in good agreement with the study by Matsushita et al. [52], who
reported an improved flexion of more than 20◦ and an improved internal rotation of more
than 13◦, which corresponds well with our data (19.8◦ for flexion and 11.9◦ for internal
rotation). A shorter neck, caused by a reduced head offset, is known to result in earlier
contact between the proximal stem built-up and the liner component. Therefore, increasing
the head offset is an option for the surgeon to mitigate issues with insufficient ROM
intraoperatively, but this also causes an increased leg length and change in soft-tissue
condition [25,49]. Additionally, the femoral offset can also change the strain/stress pattern
in the surrounding bone.

Despite the progress in methodology for computational ROM analysis, our approach
has some limitations. Firstly, the geometry generation is time-consuming and unacceptable
in the clinical setting in its current state; however, this can be mitigated by using more
advanced techniques in medical imaging data or with statistical shape models, which
turned out as feasible for femoral and acetabular bones [67,68,76,77]. Additionally, due to
the rather limited resolution of MRI, segmentation, and deviations because of surface trian-
gulation, a difference between the bony geometry and the derived model is unavoidable,
which can influence the ROM, especially when bone-to-bone impingement or implant-to-
bone impingement occurs. However, current methods for shape modeling [67,68,76] can be
used in future studies to also mitigate discretization, but this may be associated with a less
accurate representation of the patient’s bone geometry, leading to less reliable results in
terms of bone-to-bone or bone-to-implant impingement. This and the more favorable time
effectivity gained by more sophisticated approaches in obtaining patient individual bone
geometry will make the proposed framework more attractive as a preoperative analysis
tool. Secondly, due to the lack of soft-tissue structures in the presented numerical model,
the real ROM is likely to be smaller [11,36,47]. However, this is a typical assumption for
studies investigating the ROM [18,21,32,33,64,78]. Due to the fact that physiological ROM
was achieved during flexion and internal rotation movements, we can assume that this
limitation only affects the results for external rotation, where the detected ROM exceeded
the physiological ROM. For the reconstruction of the postoperative cases, the postopera-
tive anterior–posterior radiograph was used to derive the alignment of the femoral stem
and the acetabular cup, which is less accurate than a 3D assessment of the postoperative
alignment using x-ray stereophotogrammetric analysis or postoperative CT imaging [61].
However, this would expose patients to additional radiation. Regarding the measurement
error of our method, there is a difference between the radiologic and anatomic inclination
and anteversion of the acetabular cup. The difference between anatomic and radiologic
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anteversion can be neglected in our study because the measured radiologic anteversion
was lower than 25◦ for most of the patients, which would lead to a deviation between
anatomic and radiologic anteversion of less than 10% [58,79,80]. A further limitation is
that due to the necessities of the treatment of real patients, no real parameter study was
conducted, where systematically only one parameter was changed at one time. In our
study, more than one design parameter was changed for each patient, committing the
limitation of cross-interference between distinct parameters. To overcome these limitations,
further studies where only one parameter will be changed need to be conducted.

Due to the fact that the analyses were only conducted for one distinct implant design,
our results may not be fully applicable for other implant designs developed by other
manufacturers. Further studies, therefore, investigating other implant designs should
follow. Furthermore, total hip impingement represents a multifactorial process within the
musculoskeletal system. Our new framework provides a convenient alternative to estimate
the patient-specific ROM in a preoperative manner, where neither forces and torques
nor complex constraints are of interest and the result is the geometric interference [33,38].
Therefore, it may be beneficial to consider the active muscle forces and real contact behavior
of the implant components, which was previously performed on the example of the hip
and knee joint, using a robot-assisted test method based on a musculoskeletal multibody
model that can also provide data with respect to resulting joint forces [27,81].

5. Conclusions

Our present study aimed to propose and introduce a computational framework
for preoperative and postoperative assessment of ROM, without subjecting patients to
additional doses of radiation for acquisition of bony geometry. To fulfill this goal, we
used an approach starting with the preoperative acquisition of MRI data in addition to
pre- and postoperative radiographs performed as a standard measure in THR. We used
the MRI data to derive a CAD model of the bone structure and the anatomical landmarks
necessary for virtual implantation of the implant system, which is aligned resembling the
preoperatively planned and the postoperatively reconstructed situation. We used the CAD
modeling method, with the virtually implanted model, to conduct ROM analyses of three
movements, whose results were in line with the literature. Major patterns when changing
design features of THR reported by the literature were also observed in the current study
using our proposed methodology. Therefore, the proof of principle was achieved, showing
the feasibility of the proposed framework for future studies relying on patients’ individual
morphology and implantation technique of different THR designs.
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Abstract: A revision surgery can be a complicated procedure. The prevention of the removal of a well-
integrated cement mantle can minimize intraoperative complications. With the cement-in-cement
technique, the implant will be fixated with a layer of bone cement onto the remaining cement mantle.
In our experimental in vitro study, we investigated the effect of cement aging of a cement-in-cement
revision construct and regular cement mantle on the bending strength. Two different types of bone
cement were tested at four different stages of aging. The Palacos cement showed no significant
difference in bending strength at any aging point, regardless of whether it was used primarily
or as a cement-in-cement revision. In contrast, the SmartSet MV cement showed a significant
difference between the primary and cement-in-cement applications depending on cement aging time.
The comparison of the two cement-in-cement structures investigated showed significant differences
between the manufacturers depending on the cement aging.

Keywords: cement-in-cement; revision; aging cement; joint arthroplasty; cement; bending strength

1. Introduction

The number of total joint replacements has increased over the last years, and the
number of associated revision surgeries will also increase [1]. Based on register data,
aseptic loosening is one of the most common causes for revision surgery [1,2]. In the case of
total knee arthroplasty, more than 83% of all implantations performed are cemented [2]. For
total hip arthroplasty, there is regional prevalence in relation to implant fixation technique.
Thus, according to the Swedish register, 57.5% of primary total hip arthroplasties are
cemented [3]. Specifically, the registers for hip arthroplasty vary in percentages between
the different fixation techniques [1,2]. In both hip arthroplasty and knee arthroplasty,
the hybrid fixation, i.e., the combination of cemented prosthesis parts with uncemented
parts, is also a frequently used technique [2]. Especially in elderly people, cement is
commonly used.

Revision surgery is a challenging procedure for both the surgeon and the patient. For
example, when revising a cemented hip stem, it is common to remove the complete cement
mantle from the femur. Different methods can be used to remove the cement, for example,
with ultrasonic waves. However, the gold standard is still the mechanical removal of the
cement. This, however, can be challenging and can entail some complications in cement
removal [4].

Among other things, the risk of blood loss and the risk of bone perforation or even
fracture is high [5–7]. Removing the remaining bone cement often is time-consuming,
which can lead to intraoperative complications [8]. To improve this, Greenwald et al.
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considered a different approach than removing all the existing cement [9]. They suggested
to remain the cement and implant the new stem with a thin layer of bone cement on the
old cement mantle if the original bone cement mantle is well-fixed and integrated into
the femur. This approach is known as the cement-in-cement technique (also known as
in-cement or cement-within-cement). After removing the femoral stem, the existing cement
mantle is checked for possible damage. If damage is found, a conventional method has
to be used. If a fully intact cement mantle is present, the surface is prepared by a burr
then cleaned and dried so that the new bone cement has no contamination and a stable
connection can be formed. After all these preparations, the new stem can be cemented into
the femur. The use of the cement-in-cement technique has increased over the years [10–12].
The advantages of this technique are less host bone stock loss, less blood loss and a
lower risk of femoral perforation or even fracture [5–7]. In addition, a cement-in-cement
revision needs less time because cement removal is time-consuming [5,13,14]. This is a
medical as well as a financial advantage due to a shorter time under narcotics and also
the personal and room resources are used less [8]. However, only a few biomechanical
studies on the strength between two cement layers exist. Testing the bending strength
of different cement combinations was done, concentrated on the shear strength between
the two layers [15]. However, the influence of different aging points was not considered.
Liddle et al. investigated the shear strength while using different techniques to prepare the
cement-in-cement interface [16]. A preparation with an ultrasonic device showed lower
shear bond strength. In an experimental in vitro study, we investigated the effect of cement
aging on a cement-in-cement revision construct. For this purpose, we used a four-point
bending test to compare the bending strength of different cement-in-cement constructs
over different times of bone cement aging.

2. Materials and Methods

We analyzed the influence of cement aging on a cement-in-cement revision construct
using the bending strength as the evaluation criterion. For the study, we used Palacos
R+G (Heraeus, Hanau, Germany) and SmartSet MV (DePuy Synthes, Warsaw, IN, USA)
bone cement. The monomer of both cement types contains 98% of methy methacrylate
and 2% N,N-dimethyl-p-toluidine. The cement powder of the Palacos R+G bone cement
contains 81.9% of poly (methylacrylate, methyl methacrylate), 15% zirconium dioxide,
1% hydrous benzoyl peroxide, and 2.1% gentamicin sulphate. The compositions of the
SmartSet MV powder contain 67% Polymetyl Methacrylate, 21.1% Methyl Methaacry-
late/Styrene Copolymer, 1.9% Benzoyl Peroxide, and 10% Barium Sulfate. A total amount
of 112 samples were prepared and tested from both types of cement. The samples were
divided into four groups, and each group was differed into four examination times. In two
of the four groups, cement-in-cement revision constructs were applied. This resulted in
the groups Palacos–Revision and Smartset–Revision. The groups, Palacos–Reference and
SmartSet–Reference, served as aged-only reference groups. The time of examination results
from four different aging states. According to ISO 5833:2002-05, the first point in time was
24 ± 2 h after sample preparation [17]. The further examinations were 4 weeks plus 1 day,
4 weeks plus 3 days, and 4 weeks plus 10 days. A set of 7 specimens was tested at each
investigation time point for each group.

2.1. Cement Aging

According to ISO 5833:2002-05, the first point in time for testing the bending strength
of the samples was 24 ± 2 h (24 h) at room conditions of 23 ± 1 ◦C [17]. The specimens
were stored under dry conditions also at a room temperature of 23 ± 1 ◦C. A baseline aging
of 4 weeks was performed for all other examination time points. For the baseline aging, the
cement samples were stored in an incubator for 4 weeks in a saline solution (0.9% NaCl) at
37 ± 1 ◦C [18]. The groups, Palacos–Revision and Smartset–Revision, were removed from
the incubator after 4 weeks of base aging, and the cement-in-cement revision construct was
applied. Subsequently, the samples were returned to the aging process. The second test
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time was after 4 weeks base aging plus adding 1 day of aging (4W + 1d), also at 37 ± 1 ◦C
in the saline solution (0.9% NaCl). The third test was after 4 weeks base aging plus 3 days
(4W + 3d) of additional aging, and the fourth examination time was after 4 weeks of base
aging plus 10 days (4W + 10d). All the groups of revisions and references had an identical
aging process (Table 1).

Table 1. Aging times; (+) testing times; (-) no adding/modifications.

24 h 4 Weeks Base Aging 4W + 1d 4W + 3d 4W + 10d

Palacos–Reference + - + + +

Palacos–Revision + Adding new layer as
revision construct + + +

SmartSet–Reference + - + + +

SmartSet–Revision + Adding new layer as
revision construct + + +

2.2. Cementing Procedure

According to the ISO 5833:2002-05, the specimen size is defined as a rectangular
bar with a length of 75 ± 0.2 mm, a width of 10 ± 0.2 mm, and a total thickness of
3.3 ± 0.2 mm [17]. To form the cement specimens, the bone cement was filled into a mold.
To smooth the surfaces, the bottom and the top plate of the mold were covered with a
heat-stable polyester film (Tartan transparency film 901, 3M, Saint Paul, MN, USA) in
combination with a PTFE (polytetrafluoroethylene) plate (Figure 1).

 
(a) 

 
(b) 

Figure 1. The molds to form the specimens, (a) Bottom plate, PTFE (polytetrafluoroethylene) plate,
polyester film, and molds plate, (b) closed form adding another PTFE plate and the top plate.

For the cement-in-cement revision construct, a mold with half-thickness (1.65 mm)
was used. For cementing the revision group, after cement base aging, the cement specimens
were placed in the full-thickness mold and cemented to their full thickness of 3.3 mm.
A single cement unit was used for each group and each aging time. Each cementing
procedure strictly followed the manufacturer’s instructions. All cement-mixing procedures
were performed under vacuum (Vacuum mixing system, Optivac, Biomet, Warsaw, IN,
USA) at a room temperature of 23 ± 1 ◦C and humidity of at least 40%. At the beginning of
the application phase, the bone cement was applied into the molds. The time for application
varied between the two kinds of cement (Palacos R+G 00:50 min; SmartSet MV 03:40 min).
A cement gun was used to dispense the cement into the mold. A polyester film and the
top plate with a PTFE plate were added, and then the molds were clamped for over an
hour for fully curing the bone cement. After one hour in the clamping system, the top
and bottom plates of the molds, including the polyester film, were removed, and the
specimens were taken out of the molds. In the case of the revision groups, before adding
the new layer of cement, the samples were dried with a compress. After the curing, all
cement specimens were wet ground at the edges and top faces using 400-grade emery
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paper (Hermes, Hamburg, Germany). All cement samples were examined radiologically
for possible air inclusions. Exclusion criteria were air inclusions or deviations from the
required geometry. As described in the ISO, the unground bottom surface was used as the
tensile face during the four-point bending test. The samples of the revision bone cement
were examined with a scanning electron microscope (SEM, LEO 440 with EDS detector
Oxford X-Max 80, Leo, Oberkochen, Germany) at a magnification ×250 to evaluate the
fracture surface between the two cement layers.

2.3. Bending Strength

The bending strength was determined using a four-point bending test as described in
ISO 5833:2002-05 and in ISO 16402:2008-05 [17,19]. The sample dimensions were measured
before testing. Each measurement was performed three times with an accuracy of ± 0.1 mm,
and an average value was calculated for the respective sample geometry. The four-point
bending tests were carried out with a material testing machine (Zwick/Roell Z005, Ulm,
Germany) and a cross-head speed of 5 mm/min (Figure 2). The force on the central loading
points was increased, starting from zero until the specimen broke. The deflection of the
specimen was recorded as a function of the applied force. For each tested specimen, the
bending strength was calculated using the following equation: B = 3Fa

bh2 . Where F is the
force at break (in N), b is the average measured width of the specimen (in mm), h is the
average thickness of specimen (in mm), and a is the distance between the inner and outer
loading points. According to the ISO 5833:2002-05, the distance between the outer and
inner loading points was 20 mm [17].

 

 

(a) (b) 

Figure 2. (a) Four-point bending test with integrated cement specimen; (b) specimen after the testing.

2.4. Statistical Analysis

For statistical analysis, the software SPSS 25 (IBM Inc., Armonk, New York, NY, USA)
was used. A descriptive analysis (arithmetic mean, standard deviation, minimum, and
maximum) was performed. With the Shapiro–Wilk test, the normal distribution of the data
was confirmed. Therefore, a repeated-measures ANOVA of independent variables was
applied. To compare the groups, an ANOVA with a Bonferroni correction was used. A
p-value of <0.05 was considered significant.

3. Results

A repeated-measures ANOVA showed that there is a statistically significant difference
between the four groups, F(3, 12) = 34.315, p < 0.001. Additionally, a repeated-measures
ANOVA determined that the aging of bone cement showed a statistically significant
difference between testing points, F(3, 36) = 17.589, p < 0.001 (Figure 3).
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Figure 3. The results of the Bending Strength in MPa. * symbolizes the statistically significant
difference between groups (p < 0.05).

3.1. Palacocs R+G (Reference–Revision)

A Bonferroni post hoc analysis revealed no significant difference (p = 1.000) between
the bending strength of the reference and revision groups of Palacos R+G at any testing
time (Table 2).

Table 2. Comparison of the bending strength of the Palacos R+G groups. Mean (SD) in MPa.

Palacos R+G

Reference Revision p-Value

24 h 64.2 (1.6) 64.4 (4.7) 1.000
4W + 1d 56.7 (3.0) 58.3 (5.4) 1.000
4W + 3d 59.9 (0.9) 62.2 (4.2) 1.000

4W + 10d 55.2 (3.0) 56.8 (1.8) 1.000

3.2. SmartSet MV (Reference–Revision)

The SmartSet MV bone cement showed in a Bonferroni post hoc analysis a statisti-
cally significant difference at all testing times except after 4 weeks plus 10 days of aging
(p = 0.239). Compared to the reference group, the revision group had a lower bending
strength (Table 3).

Table 3. Comparison of the bending strength of the SmartSet MV groups. Mean (SD) in MPa.

SmartSet MV

Reference Revision p-Value

24 h 64.1 (2.9) 56.9 (3.0) 0.043
4W + 1d 56.1 (2.6) 44.4 (1.7) <0.001
4W + 3d 56.1 (4.4) 47.1 (5.9) 0.023

4W + 10d 56.9 (4.2) 51.2 (5.8) 0.239

3.3. Reference/Revision (Palacos R+G–SmartSet MV)

While comparing the two different types of bone cement, the two reference groups
showed no significant difference at any time of testing (p > 0.8).

However, the revision samples of SmartSet MV showed a significantly lower bending
strength compared to Palacos R+G except at the testing time of 4 weeks plus 10 days (24 h
p = 0.008; 4W + 1d p < 0.001; 4W + 3d p < 0.001; and 4W + 10d p = 0.221).

The adhesion between the two cement layers of the revision samples is seen in Figure 4.
While SmartSet MV showed two layers of bone cement, the Palacos R+G bone cement had
no visibly separated layers of old and new cement at the fractured surface after 4 weeks plus
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3 days and 4 weeks plus 10 days. For both types of cement, the fractures occurred in the
middle of the sample, and no delamination was observed at the cement–cement interface.

  
(a) (b) 

  

(c) (d) 

  
(e) (f) 

Figure 4. Images of the fractured surface with the scanning electron microscope (SEM); Palacos R+G
revision at 4W + 1d (a), 4W + 3d (c), and 4W + 10d (e); (b) SmartSet MV revision at 4W + 1d (b),
4W + 3d (d), and 4W + 10d (f), red arrows show the line between the two layers.

4. Discussion

The arthroplasty registries show an increase in joint arthroplasties. Related to this, the
incidences of revisions are increasing too, while the aseptic loosening of the endoprosthesis
is still the main cause [1]. Despite the positive long-term prognosis of cemented endopros-
theses, a revision is a challenging task. Due to the previous implant, in revisions, the loss
of bone is already processed. To avoid or at least minimize possible complications, the
cement-in-cement technique can be an alternative for hip or knee revision surgery.

In our experimental in vitro study, the bone cement Palacos R+G showed no significant
difference between the reference group and the revision group at any testing time. The
mean value of the reference and revision groups with Palacos R+G bone cement also had a
bending strength of more than 50 MPa, which is recommended by ISO 5833:2002-05 [17]. A
revision with the cement-in-cement technique and the bone cement Palacos R+G appears
to be comparable to a standard cement layer under standardized conditions without the
contamination of blood and lipids.
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The SmartSet MV bone cement showed a different result between the reference and
the revision groups. After only 4 weeks plus 10 days of aging, the bending strength did
not differ significantly between the two groups. All aging points before showed that the
revision group had a significantly decreased bending strength. Especially at the testing
times of 4 weeks plus 1 day and 4 weeks plus 3 days, the mean value of the revision group
was below the recommended 50 MPa.

While comparing the two kinds of cement, the references of the Palacos R+G and the
SmartSet MV had similar values of bending strength. Therefore, there were no significant
differences between the two reference groups at any testing time.

The SmartSet MV bone cement sample had a significantly lower performance than
the Palacos R+G sample with the revision technique. The aging of a revision construct
influenced the bending strength of the SmartSet MV more than Palacos R+G. Ayre et al.
also showed that PMMA bone cements had a decrease in bending strength over the aging
time [18]. If the bone cement gets in contact with blood or lipids, it can further decrease the
bending strength [20,21]. Further investigations have to be conducted.

In recent years, the use of the cement-in-cement technique has increased more and
more. It showed promising clinical results. Quinlan et al. had an excellent outcome using
the cement-in-cement technique [22]. Other studies also showed results with the new
technique and a decrease in complications due to the revision [5,13,23,24]. Sandiford et al.
also investigated the cement-in-cement technique in multiple revised total hip replace-
ments. Even though the results were less promising than other studies investigating the
cement-in-cement technique, the outcome was still acceptable, especially for patients with
a background with more comorbidity [12]. A systematic review of Xará-Leite et al. in 2020
showed that the cement-in-cement technique is a useful option to minimize intraoperative
complications and immediate postoperative morbidity, and the rate of implant survival
also remains low [10]. However, it is often unclear which cement was used in the primary
arthroplasty, and therefore, different combinations of cements are possible.

Due to the time interval between the primary replacement and the revision and the
possible change of hospital, the cement types may differ from each other. It is often unclear
which bone cement was used in the primary replacement [11].

A further problem could be the preparation of the old cement mantle. Liddle et al.
analyzed the effect on the cement-in-cement interface when the old cement is ultrasonically
prepared versus a preparation with a burr or no preparation of the cement mantle at all.
The shear strength was significantly decreased while using an ultrasonic device. It is
possible that the generated heat produces foam on top of the surface, which can lead to a
weaker connection between the two bonding cement layers. [16]

Dang et al. also investigated the strength between the connection of the old cement
and the new cement [15]. The question in their study was if there is an impact from
combining two different kinds of cement and if the interface between the aged cement and
the new one is the weakest point of this construct. However, the type of cement was not a
significant factor for the flexural strength. Additionally, they found that the cement–cement
interface is not the primary weakness in this study.

Even though the method of Dang et al. had similarities to our study, there is a relevant
difference between them. The samples for the four-point bending test had a different layout
than ours. They put the aged cement next to the new cement, instead of on top of each
other. Both cement layers were aged the same time. In our study, we aged one layer 4
weeks and the new layer from an additional day to up to 10 days.

The bending strength of aged bone cement was also studied by Oonishi et al. [25].
They performed a three-point bending test on in vivo-aged bone cement. As a result, there
was a correlation between the time in situ and the bending strength. However, the impact
of porosity and density should be considered. Our study showed that the time of aged
cement has a significant impact on the bending strength.

This study also has limitations. Even though we used two different kinds of bone
cement that are commonly used, it only represents these cements and cannot be replicated
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on all bone cements that are used for joint arthroplasties. For other bone cements, the
process of polymerization can be different. Further investigations have to be conducted.
The possible contamination of the cement with blood and bone marrow in vivo was not
considered. The negative effect of contamination on stability is proven [20,21]. Contamina-
tion can reduce the bond stability by 99% [26]. However, our study was performed under
laboratory conditions. Further, it was found that if the bone cement is applied early onto
the implant, the interface stability is increased by 72%, and a late application increases
failure by 73% [26].

5. Conclusions

In conclusion, our experimental in vitro study showed that the aging of a revision
construct had a significant difference between the two analyzed bone cements. There
were no significant differences between the primary-aged bone cements. However, in
the revision groups, there was a significant difference between the SmartSet MV and the
Palacos R+G. Further investigations are required to invest the clinical impact of the bending
strength under the recommended 50 MPa of the SmartSet MV bone cement.
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Abstract: Currently, new materials for knee implants need to be extensively tested but such tests are
expensive in a knee wear simulator in a realized design. However, using a rolling-sliding test bench,
these materials can be examined under the same test conditions, but with simplified geometries.
In the present study, the test bench was optimized, and forces were adapted to the physiological
contact pressure in the knee joint using the available geometric parameters. Various polymers
made of polyethylene and polyurethane, articulating against test wheels made of cobalt-chromium
and aluminum titanate, were tested in the test bench using adapted forces based on ISO 14243–1.
Polyurethane materials showed distinctly higher wear rates than polyethylene materials and showed
inadequate wear resistance for use as knee implant material. Thus, the rolling-sliding test bench is an
adaptable test setup to evaluate newly developed bearing materials for knee implants. It combines
the advantages of screening and simulator tests and allows for the testing of various bearing materials
under physiological load and tribological conditions of the human knee joint. The wear behavior of
different material compositions and the influence of surface geometry and quality can be initially
investigated without the need to produce complex implant prototypes of total knee endoprosthesis
or interpositional spacers.

Keywords: knee joint kinematics; wear bearing; rolling-sliding mechanism; test bench

1. Introduction

The knee is the largest synovial fluid-filled joint in the human body [1] and exhibits
different articulating surfaces. The tibiofemoral joint is the weight-bearing component of
the knee [1,2], consisting of two biconvex femoral condyles that articulate on a concave
medial and a convex lateral plateau of the tibia. The complex structure of the native knee
joint enables flexion and extension, anterior posterior (AP) translation, abduction and
adduction, as well as axial rotation movements. The degree of freedom of knee movements
is mainly limited by the ligaments [3]. The dominant movements are flexion and extension,
where the femoral component performs a complex rolling-sliding movement on the tibial
plateau. The ratio of rolling and sliding is determined by the extent of flexion [4,5]. At the
beginning of the flexion movement, the rolling mechanism prevails. From approximately 20
to 30 degrees of flexion, rolling-sliding dominates until pure gliding occurs at the maximum
degree of flexion movement. The extent of rolling-sliding is lower in the medial than in
the lateral compartment [4–6]. The viscoelastic menisci ensures a consistent distribution of
joint load [1].

Osteoarthritis is one of the most common diseases of the knee joint. Affected patients
suffer from severe pain and reduced joint mobility, and are often treated with knee arthro-
plasty. This procedure is one of the most common surgical interventions in orthopedics [2].
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However, one major problem of knee endoprostheses is their limited ability to replicate the
natural rolling-sliding mechanism and wear propagation at bearing surfaces. Enhanced
mechanical loading due to high physical activity influences the durability and functionality
of knee implants [5,7]. One of the main causes of implant failure and revision is aseptic
loosening due to the release of wear debris, accompanied by an adverse biological reaction
to the particles [8,9].

Therefore, preclinical tribological and biological investigations on abrasive wear and
deformation behavior are relevant for the development of suitable knee implant materials
and designs. For this purpose, various wear test methods are available, which differ in
complexity and testing parameters. These methods can be divided into screening and
simulator studies [10]. Initial tribological screening tests mainly examine the contact
surface over a short time period using simplified sample geometries and kinematics. The
most commonly used test methods include pin-on-disc or cylinder-on-cylinder tests [7,10].
To simulate wear behavior under more physiological conditions, new endoprosthetic
implant materials and designs need to be tested according to international testing standards,
where advanced joint-specific motion sequences and load profiles are applied. However,
these tests are time-consuming and the running costs for wear data acquisition are high.
Furthermore, only finalized implant prototypes are tested regarding their wear behavior
at articulating surfaces, which are complex to produce [7,10,11]. Before such implants
are produced, a test device that enables the screening of new materials with simplified
geometries under biomechanical boundary conditions, adapted to the in vivo situation,
should be available. Some previous studies have introduced the concept of executing
combined rolling-sliding movements while applying physiological joint forces and motions.
In 2004, Citters et al. developed a rolling-sliding tribotester that was capable of generating
realistic contact stresses [12]. The extent and frequency of rolling and sliding could be
adjusted separately for each test station. Cylindrical samples of cobalt-chromium (CoCr)
and polyethylene (PE) were tested in test fluid until macroscopic failure of the samples
occurred [12,13]. However, the geometric contact conditions were simplified. Richter
et al. [11] developed a test bench in which an axial load was applied statically with a
cylinder made of CoCr to a horizontally moving plate made of PE, resulting in a rolling
movement of the rotating cylinder on the plate. After stopping the CoCr cylinder, a sliding
movement occurs due to the continuous movement of the PE plate in a tempered test
fluid [11]. As this test chamber is not sealed, there is a risk of contamination by foreign
particles. In another rolling-sliding test bench, an axial sinusoidal load is applied to a plate
made of PE by means of a CoCr cylinder [14]. The rolling-sliding movement results from
the horizontal movement of the test chamber. These test rigs represent an appropriate
mixture of screening and simulator tests and are designed for wear and endurance testing.
However, none of them replicate the dynamically acting load conditions in the human
knee joint.

To address this, Goebel et al. developed a rolling-sliding test bench (RST) [7]. Com-
parable to the test benches of Wieser [14] and Richter et al. [11], the force is applied to a
flat sample of PE using CoCr cylinders. The rolling-sliding movement is caused by the
coupled movement of a lifting arm. With this test bench, the forces acting on the knee
during normal gait can be dynamically and variably applied to the sample during the
roll-slide movement [7]. Furthermore, it is possible to simulate the roll-slide movement of
a femoral component made of CoCr under wear conditions that are as close as possible to
physiological conditions [7]. However, this test bench has some limitations. Goebel et al.
used the same force, according to ISO 14243–1 [15], that is used for the testing of total endo-
prostheses in knee wear simulators, although only one knee condyle was simulated on the
test bench. Furthermore, the test bench had only one station, resulting in time-consuming
sample screening [7].

In the present study, the test bench was optimized, and the forces were adapted to the
physiological contact pressure in the knee joint using the available geometric parameters.
In this study, a knee spacer, which is a unicompartmental interpositional implant, was
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developed with the aim to postpone the implantation of a unicondylar or bicondylar knee
endoprosthesis. For this purpose, we adapted the test bench and test conditions described
by Goebel et al. [7] to simulate the contact conditions of an osteoarthritic femoral condyle
on the spacer material. Furthermore, a second station was added to the rolling-sliding
test bench. The joint reaction force according to ISO 14243–1 [15] was adjusted to the load
situation at the unicompartmental implant surface, and different bearing material pairs
were compared.

2. Materials and Methods

2.1. Construction of the Rolling-Sliding Test Bench

In the test setup, the physiological rolling-sliding movement of the knee joint was
transferred to a simple movement algorithm with simplified sample geometries, according
to Schwittalle et al. [16]. The bearing components included a rolling cylinder, which was
guided through a hole, with an additional pin to lock the rotation of the cylinder. This
cylinder simulated one femoral condyle. The corresponding tibial plateau with an inte-
grated insert was simulated by a flat polymer sample disc placed on an inclined metallic
plane. The test bench applied flexion-extension movements. The application of the forces
and movements of the femoral and tibial components was ensured by coupling to two elec-
tromechanical cylinders (CMS63S series; SEW-EURODRIVE GmbH and Co KG, Güstrow,
Germany). The loads and movements of the cylinders could be freely adjusted using
MOVITOOLS®-Motion-Studio software (SEW-EURODRIVE GmbH and Co KG, Güstrow,
Germany). The test bench with the electromechanical cylinders was embedded in a frame
constructed of anodized aluminum profiles. One pivoted electromechanical cylinder was
used for the transmission of force (Figure 1), while the second electromechanical cylinder
performed the rolling-sliding movement simultaneously in a kinematic chain.

Figure 1. Rolling-sliding test bench (a) initially developed by Goebel et al. [7]; (b) enhanced with a second station and
tempered testing chamber (c); with a lifting cylinder and linear guide (1, blue arrow indicates the direction of movement),
pivoted force cylinder (2, red arrow indicates the direction of applied forces), right-angled lever (3), rolling cylinder (4,
CoCr) with a rotation lock pin, and the sample on an inclined plane fixed with a yellow clamp (5).

The rolling cylinder was firmly connected to a right-angled lever, which was connected
to the lifting cylinder with a linear guide (see Figure 1) driven by an electromechanical
cylinder. This enabled a consistent forward movement, whereby the cylinder rolled on
the inclined plane through the rotation lock (Figure 2a). From half of the stroke length at
55 mm, the cylinder was rolled to the upper point (reversal point). The coupling point with
the lifting cylinder was at the level of the center of rotation of the test wheel. With further
lifting of the lifting cylinder, the coupling point rose higher than the center of the rotation
and the test wheel slid down the inclined plane (Figure 2b). The lifting cylinder moved
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upwards for 110 mm, and the test wheel stopped at the lowest position on the bearing
surface (Figure 2c). According to the physiological kinematics, the rolling of the test wheel
occurred approximately during the first 55% of the gait cycle (see Figure 2, left panel).
Subsequently, the pure sliding movement was simulated, which appeared in the knee at
approximately 30◦ of flexion, corresponding to about 55% of the gait cycle. The linear
movement of the lifting cylinder was adjusted in such a way that the roll-slide movement
was completed after 1 s, thus completing a full gait cycle. Just as in the knee joint, the
rolling-sliding test bench simulates movement of the rotation axis of the knee condyle.
During the downward movement of the lifting cylinder, the rolling-sliding mechanism
occurred in reverse order.

 

Figure 2. Motion sequence of the rolling-sliding test bench with the corresponding force according to ISO 14243–1 [15]:
(a) Starting position of the lifting cylinder and rolling of the cylinder during lifting; (b) end of rolling and start of sliding
down the plane; and (c) end of the motion sequence and start of the reverse cycle by sinking of the lifting cylinder.

The sample was loaded axially with a force cylinder, which was coupled to the axis of
the test wheel (Figure 1). The application of force by the first electromechanical cylinder
was synchronized with the linear lifting movement driven by the second electromechanical
cylinder. The force curve was freely programmable and could therefore be applied statically,
and it was also time dependent. In order to simulate a physiological joint load, the force
curve of normal walking, as specified in ISO 14232–1, was applied between the test wheel
and the polymer sample [15]. Thus, the applied forces were correlated to the corresponding
angles of the flexion-extension movement according to the ISO standard [7,15].

In order to simulate the physiological axial joint load, the applied force based on ISO
14243–1 was adapted to the prevailing physiological contact pressure of the condyles in the
following section (see Section 2.3).

Goebel et al. [7] initially included one station in the test bench. In the present study, a
second station, operating in parallel, was integrated into the test bench. For this purpose, a
second force cylinder and a second pair of bearing surfaces were integrated in parallel to
the first station with the same load profile. In order to apply an identical rolling-sliding
movement, both stations were coupled with the lifting arm (Figure 3d).
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Figure 3. Setup of the rolling-sliding test bench. (a) Testing chamber with the sample clamp (black) and sample holder
(white), (b) prepared polyurethane (PU) sample for testing, (c) tempered testing chamber with the fixed PU sample (yellow
clamp) in test fluid, and (d) rolling-sliding test bench with two testing stations.

To ensure that the polymer specimens were loaded identically and would not slip out
of the holder during dynamic loading, they were fixed with a clamp (Figure 3a,c). This also
prevented high backside abrasive wear. The bearing partners were loaded according to
ISO 14243–1 at 1 ± 0.1 Hz at 37 ± 2 ◦C in 150 mL bovine serum with a protein content of
20 g/L [15]. These parameters were intended to simulate the environment of the human
knee joint. Integrated level and temperature sensors allowed for long-term automated and
controlled operation of the test bench. The test bench was made of stainless steel to prevent
corrosion as well as third body wear through the chamber. The setup of the rolling-sliding
test bench is shown in Figure 3. To ensure a load frequency of 1 ± 0.1 Hz, the feed force
of the lifting cylinder must be adapted to the increased weight by coupling of the second
station.

In the present study, interpositional implant samples made of polyurethane (PU),
which should imitate cartilage and articulate against a simulated subchondral bone, were
tested as an example. For this purpose, test wheels made of aluminum titanate (Alutit T;
CeramTec GmbH, Plochingen, Germany) were used. This ceramic material has a similar
Young’s modulus (17,000 MPa) to that of cortical bone. Furthermore, the bearing combi-
nation of a cobalt-chromium test wheel articulating against ultra-high-molecular-weight
polyethylene was analyzed in the test bench with adapted contact forces.

2.2. Test Samples

The test samples (disks with a height of 3.5 mm, diameter of 40 mm, and cut to a
width of 24 mm; see Figure 3b) were made of polyurethane and polyethylene. The test
wheels (cylinders with a width of 12 mm and diameter of 60 mm) consisted of Alutit
and CoCr. The samples were dynamically loaded in the test bench according to ISO
14243–1 [15]. For each sample material, one sample was loaded statically as a reference
for fluid absorption [15]. As knee spacer materials, two thermoplastic polycarbonate
urethane (TPCU) materials provided by the University of Applied Sciences, Reutlingen,
were tested [17,18]. These polyurethane materials were tested using a ceramic test wheel
made of thermal shock-optimized Alutit T.
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To facilitate comparison to abrasion data from the knee simulator, a conventional ultra-
high-molecular-weight polyethylene (GUR1050) sample was articulated against Alutit T
and CoCr test wheels under the same conditions.

2.3. Adjustment of Load Pattern

According to ISO 14243–1 [15], forces between 0.17 and 2.6 kN occur in the human
knee during the normal gait cycle. In the rolling-sliding test bench, tests were carried
out with a cylindrical test wheel, which is considerably narrower than a knee condyle.
Therefore, in order to achieve a roll-slide movement under physiological forces, the force
specified by the ISO standard needed to be reduced. In addition to the different geometries,
the differences in material properties, such as the elasticity of the bearing partners, also
needed to be taken into account. Furthermore, it is important to consider that only one
knee condyle is represented in the roll-sliding test bench. According to Hella et al., 70% of
the axial force is transmitted with the medial condyle and 30% with the lateral condyle [19].
Hence, the spacer material was tested by simulating loading at the medial condyle.

In order to determine the force to be transferred between the two articulating surfaces,
A and B, taking into account the geometry and material properties, the formula for the
contact pressure according to Hertz (Equation (1)) was chosen, with consideration of the
material parameters (Equation (2)) for the case of a cylinder (A) on a plane (B):

pH =

√
F

2 π r l
× E

1 − υ2 (1)

E
1 − υ2 =

(
1 − υ2

A
EA

+
1 − υ2

B
EB

)−1

(2)

To calculate the forces for the roll-slide test rig, the physiological contact pressure
in the human knee joint must first be determined. Therefore, the maximum axial force
from ISO 14243–1 was considered. For the medial condyle, a maximum force of 2.6 kN
resulted in an axial maximum force Fmedial of 1.82 kN. The knee spacer material tested in
this study was developed for the treatment of knee joints with progressive osteoarthritis.
Patients often suffer from a severe lesion of the femur cartilage down to the surface of the
subchondral bone. Therefore, the contact model of cortical bone (femoral site) on cartilage
(tibial site) was chosen for the determination of the contact pressure. The Young’s modulus
and Poisson’s ratio of cortical bone, which were articulated against cartilage, were chosen
as parameters to test the material properties of the bearing materials. Hayes and Mockros
determined variable properties for long- and short-term loaded cartilage [20]. To ensure
that the worst-case scenario is covered, we used the higher value for the short-term loaded
cartilage to calculate the contact pressure on the articulating surface. Since progressive
osteoarthritis often results in a joint space narrowing accompanied by meniscal extrusion,
the meniscus was not taken into account for the calculation of the contact pressure [21].
To determine the radius and width of the medial condyle, it is necessary to ascertain the
flexion axis according to the ISO norm. Since the knee does not have a fixed center of
rotation and the flexion axis shifts to anterior with increasing flexion, this axis needs to be
approximated for the determination. For an accurate determination, both parameters were
measured at maximum force. According to ISO 14243–1, this occurs at 15.32◦ of flexion [15].

2.4. Shape Analysis for Parameter Detection

In order to measure parameters, we performed 3D surface reconstruction from mag-
netic resonance imaging (MRI) scans of 261 female femoral surfaces based on quality
assured manual segmentations of the distal femur bone. The segmentations were part of
the previously published OAI–ZIB dataset [22]. For further technical details, we refer the
reader to that publication. We calculated the point-wise mean shape, a standard procedure
in statistical shape modeling [23], and performed an error-minimizing cylinder fit to the
condyle region with respect to the contact points obtained by virtually mimicking the
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flexion-rolling of the distal femur bone (see Figure 4a,b). The radius of the determined
cylinder serves as parameter rmedial. Taking the center line of the fitted cylinder as the
(flexion) axis, we intersected the medial condyle region with a plane deflected by 15.32◦
and adapted the resulting intersection curve to the load-bearing cartilage interface by
restriction to the segment connecting the two points of maximal curvature. The parameter
lmedial could then be defined as the Euclidean distance between these points (see Figure 4c).
In contrast to most studies in which the condylar radius is determined by considering the
condyles as independent spheres [24,25], this study fitted a cylinder around the flexion axis
of both condyles. This approach was chosen because ISO 14243–1:2009 also takes the flexion
axis into account when both condyles contact the tibial plateau. Furthermore, in the study
by Howel et al. [24], only very small differences between the radii of the medial and lateral
condyles of a human knee joint were determined (on average 0.1 to 0.2 mm, accompanied
with high standard deviations), although the condyles were considered individually as
spheres. As these are very small differences, we assume that the use of a cylinder in the
determination of the radius is suitable.

Figure 4. Algorithmic estimation of condyle radius and width. (a) Contact points of simulated flexion
movement on the distal femur; (b) optimal cylinder fitted to the contact points; and (c) curve along
and through the medial condyle approximating the describing contact for a flexion angle of 15.32◦.

The parameters used are summarized in Table 1.

Table 1. Parameters used to determine the physiological contact pressure in the medial knee joint.

Parameter Value Meaning

F 0.17 to 2.6 kN Axial force according to ISO 14243–1 [15]

Fmedial 0.12 to 1.82 kN Axial force that is transmitted via the medial
condyle (Fmedial = 70% F [19])

rmedial 20.584 mm Cylinder radius/radius of the condyle

lmedial 25.29 mm Length of contact of the cylinder with the
plane/cartilage surface

EA = Ecortical bone 17,000 N/mm2 Young’s modulus of cortical bone [26]
υA = υcortical bone 0.3 Poisson’s ratio of cortical bone [26]

EB = Ecartilage 12 N/mm2 Young’s modulus of cartilage [20]
υB = υcartilage 0.42 Poisson’s ratio of cartilage [20]

This resulted in a constant value of E/(1 − υ2) = 14.56 N/mm2 for the bearing materials
cortical bone on cartilage with the material parameters after insertion in Equation (2). This
resulted in the following equation for the physiological contact pressure:

pH =

√
Fmedial × 14.56 N/mm2

2 π × 20.58 mm × 25.29 mm
(3)

In order to determine the force for the rolling-sliding test bench, Equation (1) had to
be modified according to the force and the determined natural contact pressure with the
geometric data and the material data of the samples to be tested. The geometric parameters
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used in the calculation were the radius (rRST = 30 mm) and width (lRST = 12 mm) of the
rolling cylinder. The parameters of the bearing materials investigated in this study are
summarized in Table 2.

FRST =
p2

H 2 π rRST lRST

E/(1 − υ2)
=

p2
H 2 π × 30 mm × 12 mm

E/(1 − υ2)
(4)

with
E

1 − υ2 =

(
1 − υ2

cylinder

Ecylinder
+

1 − υ2
plane

Eplane

)−1

(5)

Table 2. Parameters used to determine the axial load curves in the rolling-sliding test bench.

Parameter

Bearing Material Pair 1 Bearing Material Pair 2 Bearing Material Pair 3

Alutit T 1 PU
CoCr
[27]

PE
[28,29]

Alutit T PE

Ecylinder in
N/mm2 17,000 - 230,000 - 17,000 -

υcylinder 0.22 - 0.3 - 0.22 -
Eplane in
N/mm2 - 18.9 - 945 - 945

υplane - 0.4 - 0.45 - 0.45
1 Specified by the manufacturer.

A material constant of E/(1 − υ2) = 22.47 N/mm2 was determined for the bearing
material pair Alutit against PU, which resulted in a maximum force of 815.43 N. For CoCr
against PE, a maximum force of 15.5 N was calculated with E/(1 − υ2) = 1179.42 N/mm2.
For bearing material pair 3, Alutit against PE, a maximal force of 16.5 N was calculated with
E/(1 − υ2) = 1111.24 N/mm2. For programming the rolling-sliding test bench, an adapted
load curve was calculated using the force curve from ISO 14243–1. The computerized force
curve for the two bearing materials, PU against Alutit, is shown in Figure 5.

 
Figure 5. Adapted load curve in the rolling-sliding test bench and corresponding movement of the lifting cylinder.

2.5. Abrasive Wear Measurement

Similar to standard knee wear simulator tests, three samples of each pair of bearing
materials were tested in the rolling-sliding test bench under dynamic loading, as well as
an additional soak control. Before loading, the polymer samples were saturated in the
test medium in accordance with ISO 14243–2 [30]. As the test fluid, bovine serum (protein
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content 20 g/L; Biochrom GmbH, Berlin, Germany), ethylene diamine tetra acetic acid
(EDTA) and sodium azide (NaN3) were used. Deviating from the ISO standard, the load
was applied with an adapted force profile in the rolling-sliding test bench with two stations
over a million cycles in total, as the PU materials had already been subjected to severe
wear during this period. To validate the fluid absorption of the inserts, the soak control
was only loaded with the axial force. For this purpose, the rolling-sliding movement was
inhibited by decoupling of the lifting cylinder so that no wear was generated in the soak
control sample. To validate the progress of sample saturation and the measurement before
loading, the weight of the samples was measured gravimetrically after 0.5 million and
1 million cycles using a high precision balance (Sartorius ME235S; Sartorius AG, Göttingen,
Germany; sensitivity 0.01 mg, uncertainty 0.03 mg) with an accuracy of 0.1 mg, according
to ISO 14243–2. The wear of the samples was determined, taking the fluid absorption of the
soak control into account. Before the gravimetric measurement, the samples were cleaned
and dried in accordance with ISO 14243–2 [30]. To avoid damaging the PU samples, they
were not treated with propanol. To ensure an identical load of all samples and to avoid
station-related influences, the samples were exchanged between the two stations every
0.5 million cycles. In addition, the medium was replaced, and the test chambers were
cleaned. The serum was stored for further examination [15,30].

2.6. Surface Analysis and Roughness Measurement

After completion of the wear measurement analysis, optical surface analysis was
carried out using a laser scanning microscope (LSM; VHX–900F; Keyence, Osaka, Japan).
This was used to characterize the surface roughness and the patterns of wear that occurred.
Measurements were made in the articulated area, in the area of clamping and in the
unloaded area of the plane. The arithmetical mean height (Sa) and the maximum height (Sz)
were determined according to DIN EN ISO 4288:1998 and DIN EN ISO 3274:1998 [31,32].
The wear patterns and roughness values were compared to the images and values of
unloaded samples.

3. Results

3.1. Amount of Wear

Four different bearing pairs were tested on the rolling-sliding test bench over one
million cycles under standard conditions. We were unable to detect any signs of wear
on the PE inserts articulated against the CoCr and Alutit test wheels after loading with
15.5 N (PE–CoCr) or 16.5 N (PE-Alutit); therefore, the PE inserts were also loaded with
the higher force (815.43 N) from the pairing of Alutit against PU. The wear rates of the
three test specimens were calculated for each pairing considering the material saturation
with the test fluid (soak control). The worn running surface of the PU materials was
about 35 mm, while the worn surface of the PE samples was distinctly flatter and shorter
(20 mm). This is also reflected in the wear data presented in Figure 6. The mean gravimetric
wear of the PU materials after one million cycles amounted to 1223.46 ± 87.02 mg for
PU1 and 466.92 ± 69.44 mg for PU2. The PE material articulated against Alutit showed
an average wear of 7.9 × 10−3 ± 2.0 × 10−4 mg after one million cycles. The wear rates
of the PE samples articulated against CoCr were the lowest, with a rate of 2.5 × 10−4 ±
3.4 × 10−4 mg. All PU and PE samples showed significant backside wear respective to the
measured amount of wear (Figure 7). The gravimetric wear after 0.5 million cycles was
also included in the calculation of wear rates (Figure 6). All curves showed a linear wear
behavior.
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Figure 6. Overall wear of samples after loading in the rolling-sliding test bench. The straight line results from linear
regression of the data for estimating the abrasion after 1 million cycles. Different to ISO 14243–1, the zero time point is used
in this calculation.

Figure 7. Worn surfaces (each left) and backsides (each right) of the three tested materials: (a) PU1, (b) PU2, and (c) PE.

3.2. Surface Analysis and Roughness Measurement

After loading in the rolling-sliding test bench and the gravimetric measurement, the
running surfaces of all samples were examined by LSM and compared to the initial state.
The PU samples showed a higher penetration depth of the test wheel into the material (see
Figure 7). All samples showed slight scratches and ruts along the direction of movement, as
well as scattered pitting. The PU samples also showed partial delamination of the surface.
Furthermore, partial smoothing of manufacturing marks could be found on the running
surface of the PE samples. Pronounced backside wear was observed, particularly for the
PU samples (Figure 7). The extent of the running surface and the strength of the backside
wear were consistent with the wear rates.

To measure surface roughness, the parameters Sa and Sz were recorded. The measured
roughness values are shown in Figure 8. The dynamically tested PU samples showed
increased surface roughness of the running surface. The arithmetical mean height of the
PE samples decreased while the maximum height stayed consistent, which was due to
smoothing of the manufacturing marks. The PU1 material showed the highest roughness
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values. The soak control samples showed polished contact surfaces, and thus, reduced
roughness compared to the initial state.
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Figure 8. Surface roughness of the running surfaces of the tested samples before (left bars) and after (right bars) the
wear test.

4. Discussion

Using the rolling-slide test bench described here, different knee implant materials with
simple geometries can be tested under the physiological loading conditions of the knee joint.
The applied force was adjusted in the test bench so that different tribological pairings could
be tested at the same physiological contact pressure. Nevertheless, some limitations must be
considered when using the test bench. The simplified geometries offer the advantage that
new materials can initially be screened with an affordable cost and little effort. For further
investigations, long-term tests in a wear simulator are required, which take into account
realistic implant geometries. A further limitation is related to the simplification of the
geometries, since there is a lack of anterior-posterior translation and rotational movements.
Hence, no transverse motions can be generated, which are considered important for PE
wear propagation [33,34]. However, because flexion and extension are the main directions
of movement in the knee [3], this is only a minor limitation. In order to ensure consistent
loading on the tested samples, both test chambers with samples have to be perfectly aligned
under the test wheels of each station. Otherwise, station-related differences in the wear
patterns may appear. Since congruent worn surfaces of the polymer samples could be
observed in both stations after loading, an adequate alignment of both test chambers can
be assumed. Likewise, during articulation, approximately one-third of the testing wheel
surface was in contact with the running surface of the polymer samples in the two stations.

To prevent the results from being influenced by friction-related sample heating, vari-
ous tribological situations (loading in a dry test chamber, loading in medium, static and
dynamic loading, and loading at room temperature and with connected heating) were
investigated in preliminary tests using a thermal imaging camera and temperature sensors.
A maximum warming of 4 ◦C was detected only in the dry running test. Since no temper-
ature differences of the PU sample were detected under lubricated test conditions with
medium, the influence of friction on the temperature was considered to have a negligible
effect. Temperature-dependent changes in sample volume during wear testing could be
excluded. Furthermore, the rolling-sliding test bench allows only minor changes in the
volume of samples.

Force curves according to ISO 14243–1 were adapted to the tested bearing material to
simulate the same surface pressure that is present in the natural knee joint. In addition,
load curves other than those from the ISO 14243–1 can be created, and, if necessary, they
can be adapted to specific material and load cases. Higher loading or other gait patterns,
such as stair climbs, can be implemented in the rolling-sliding test bench based on data
derived from biomechanical studies [35]. Since native cartilage is a material with nonlinear
behavior, the use of the Hertzian contact model as a contact model for the transmission of
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the physiologically acting contact pressure represents a limitation of our test bench. Since
samples with linear material behavior are tested in this study and a complete simulation
of the conditions in the native knee joint is not possible, we assume this simplification is
suitable for the present study. Madeti et al. [36] has also used a Hertzian contact model
to determine physiological surface pressure. An even more accurate determination of
the surface contact pressure could be achieved using multibody models [37,38]. Hence,
nonlinear material models for cartilage or acting muscle forces may be considered in
future studies.

Since the developed soft PU materials showed high abrasive wear during preliminary
tests, the PU samples were only tested over 1 million cycles instead of 5 million cycles, as
recommended in ISO 14243–1. A high amount of wear is also reflected in the increased
surface roughness of the PU samples. To exclude the influence of laser scanning on the
sample material during the surface analysis, this was carried out only after wear testing of
the samples was complete.

Since PE is an established bearing material in total knee arthroplasty, it was used as the
reference material. In contrast to PU, no significant abrasive wear could be detected when
the PE samples were loaded with 15.5 N or 16.5 N. To ensure comparability between PE and
PU, the same force curve was used for all materials tested. Therefore, for the algorithmic
estimation of condyle radius and contact length, we examined three datasets consisting of
only female, only male, or both male and female data. We found that the radius and contact
lengths for females are smaller than males by a few millimeters (radius ~2.5 mm, contact
length ~4 mm). Hence, we considered only female data for the final evaluation because a
lower radius and contact lengths, together with constant force, as specified by ISO 14243–1,
result in a higher surface contact pressure (cf. Equation (1)). Implant materials should be
designed not only for an average load situation, but also for severe conditions. Thus, by
selecting appropriate datasets, the adjustment of applied forces to specific patient groups
(for example, by age or sex) can be easily accomplished.

ISO 14243–1 specifies that the samples should be subjected to a load of more than
5 million cycles. Furthermore, due to running-in behavior, the abrasion rate should only be
determined after 0.5 million cycles. The high wear rates of PU samples in the current study
suggest that this material is not suitable as a direct bearing partner for a unicompartmental
interpositional knee implant. Since no comparable wear studies on PU in the knee joint
using physiological rolling-sliding movements have been carried out to date, it is not
possible to classify the abrasive wear rates of PU materials. Our results were not consistent
with the findings of Schwartz et al. [39], who showed lower wear rates for PU than for
PE materials. However, a direct comparison of both studies is not possible due to non-
comparable methods. We assume that the high wear rates of PU materials observed in the
current study are related to the different properties of the material, and not the geometry of
the test bench. The observed high wear rates were partly caused by pronounced backside
wear of the PU materials. The wear patterns of the surface and backside of the samples
correspond to the determined wear rates of the samples. On the PE samples, only polishing
and smoothing of the manufactured surface was observed. The test wheels were able to
sink much deeper into the PU samples during loading, which led to massive ruts in the
direction of movement. Partial delamination of the PU surface was observed. However, we
cannot conclude that the high backside wear and the high wear rates of the PU materials are
caused only by abrasive wear and not adhesive wear. Nevertheless, PU could potentially
be used in other human joints with reduced loading and friction, such as finger joints.

The rolling-sliding test bench was successfully established as a tribological testing
method. In order to test even more samples in parallel, it would be useful to expand this
test bench with additional stations. In contrast to a knee wear simulator according to ISO
14243–1, simplified implant geometries can be used in the rolling-sliding test bench. Hence,
the effort required to produce test prototypes of new implant materials for the first abrasive
wear screening is reduced. Due to the simplified implant geometry and design of the test
bench, reduced lubricant volumes are required when compared to knee wear simulator
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tests. The reduction of the amount of lubricating fluid leads to additional cost savings. The
wear data of the PU materials can be classified due to the direct comparison of their wear
rates with a clinically established PE material. A comparative study using same bearing
materials to compare our rolling-sliding test bench with the standard knee wear simulator
should be carried out in further validation studies. Compared to other screening tests, such
as those that use a tribometer, the rolling-sliding test bench allows testing under conditions
that are more similar to physiological conditions. Further, the material of the sample and
the material of the test wheel as well as the lubricating medium can be varied. For the
rolling-sliding test bench, wear particles released from the material sample during testing
can be isolated from the lubricant and analyzed according to ISO 14243–1.

5. Conclusions

The rolling-sliding test bench was successfully established through the application of
load profiles adjusted to realistic contact pressures. The rolling-sliding test bench combines
the advantages of screening and simulator tests, allowing for the testing of various bearing
materials under physiological load and tribological conditions of the human knee joint.
Therefore, both the wear behavior of different materials and the influence of the surface
geometry and quality can be further investigated without the need to produce complex
implant prototypes of total knee endoprosthesis or interpositional spacers. Hence, the test
bench allows the suitability of new implant materials as bearing materials to be checked
prior to further testing, where promising materials and surface modifications are subjected
to advanced testing in a knee wear simulator in their final implant design.
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Abstract: This study proposed a pedicle screw design where the proximal 1/3 of the screw is
unthreaded to improve fixation in posterior spinal surgery. This design was also expected to reduce
the incidence of mechanical failure often observed when an unsupported screw length is exposed
outside the vertebra in deformed or degenerated segments. The aim of this study was to evaluate the
fatigue life of the novel pedicle screw design using finite element analysis and mechanical testing in
a synthetic spinal construct in accordance with American Society for Testing and Materials (ASTM)
F1717. The following setups were evaluated: (i) pedicle screw fully inserted into the test block
(EXP-FT-01 and EXP-PU-01; full thread (FT), proximal unthread (PU)) and (ii) pedicle screw inserted
but leaving an exposed shaft length of 7.6 mm (EXP-FT-02 and EXP-PU-02). Corresponding finite
element models FEM-FT-01, FEM-FT-02, FEM-PU-01, and FEM-PU-02 were also constructed and
subjected to the same loading conditions as the experimental groups. The results showed that under
a 220 N axial load, the EXP-PU-01 group survived the full 5 million cycles, the EXP-PU-02 group
failed at 4.4 million cycles on average, and both EXP-FT-01 and EXP-FT-02 groups failed after less
than 1.0 million cycles on average, while the fatigue strength of the EXP-FT-02 group was the lowest
at 170 N. The EXP-FT-01 and EXP-FT-02 constructs failed through fracture of the pedicle screw, but a
rod fractured in the EXP-PU-02 group. In comparison to the FEM-FT-01 model, the maximum von
Mises stress on the pedicle screw in the FEM-PU-01 and FEM-PU-02 models decreased by −43%
and −27%, respectively. In conclusion, this study showed that having the proximal 1/3 of the
pedicle screw unthreaded can reduce the risk of screw fatigue failure when used in deformed or
degenerated segments.

Keywords: pedicle screws; partial threading; fatigue life; biomechanical analysis; spinal fixation

1. Introduction

The primary function of pedicle screw systems is to maintain spinal stability while
fusion occurs. However, in weakened or osteoporotic bone, the bone–screw interface is
often poor and prone to failure, resulting in screw loosening or back-out after surgery.
Transpedicular instrumentation in patients with osteoporosis is difficult because of the
challenge in achieving sufficient fixation strength. In addition, biomechanical studies
have shown a reduction in the pull-out strength of pedicle screws in osteoporotic bone,
which can ultimately lead to failure of internal fixation [1–3]. As such, fixation problems
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are common in patients suffering from osteoporosis, and gaining sufficient pedicle screw
fixation is a major challenge for spinal surgeons. Loosening of pedicle screws is a leading
cause of non-union, pseudarthrosis, and back pain after surgery.

One method to improve the interface strength between pedicle screws and sur-
rounding bone in osteoporotic patients is to use a bone-cement-augmented pedicle screw,
which has been shown to increase the pull-out strength [4–6]. However, complications
such as cement leakage outside the vertebral body and difficulty in removing the fixed
screw have been reported. Symptomatic cement leakage with augmented screws has been
reported at up to 17% [7,8], while Mueller et al. indicated that perivertebral cement leakage
occurs in 73.3% of cases, but most are clinically asymptomatic [9]. Besides cement augmen-
tation, changing the screw design, including diameter, length, and thread design, may be
used to improve fixation [10–13]. Because the holding power of the bone–screw interface
is poor in osteoporosis, increasing the diameter of the screw may improve fixation and
stability [14]. However, the maximum diameter of the screw is limited by the anatomical
shape of the pedicle, and so the viable size range for the screw is limited.

A previous study by the authors demonstrated that having the proximal 1/3 of the
pedicle screw left unthreaded significantly improves the pull-out strength and withdrawal
force in comparison to a fully threaded screw [15]. The authors considered that this novel
screw design could also improve the fatigue life of the pedicle screw in cases where only
partial screw insertion is required [16]. Hence, this study aimed to evaluate the fatigue
life and stress distribution of proximally unthreaded screws in accordance with American
Society for Testing and Materials (ASTM) F1717 [17] and using finite element analysis. The
results were compared with those obtained from fully threaded pedicle screws.

2. Materials and Methods

2.1. Mechanical Fatigue Testing

The test constructs were subjected to fatigue testing through dynamic bending in
accordance with ASTM F1717. As shown in Figure 1a, each construct consisted of four pedi-
cle screws (Ti-6Al-4V, 4.0 mm diameter, 30 mm length) and two titanium rods (Ti-6Al-4V,
5.5 mm diameter, 120 mm length) inserted into ultra-high molecular weight polyethy-
lene (UHMWPE) test blocks to simulate a vertebrectomy. Both fully threaded (FT) and
partially unthreaded (PU) pedicle screws were tested, and the screws and rods had been
pre-treated by sandblasting and anodization. For the fatigue test, the UWMWPE blocks
were clamped in an MTS 370 machine (MTS Systems Corporation, Eden Prairie, MN, USA)
and a compressive force applied.

 

Figure 1. (a) American Society for Testing and Materials (ASTM) F1717 standard configuration. (b) Two different setups
were evaluated: (i) pedicle screw fully inserted into the test block with an exposed length of 3.6 mm (EXP-FT-01 and
EXP-PU-01) and (ii) pedicle screw inserted leaving 7.6 mm of the screw shaft exposed (EXP-FT-02 and EXP-PU-02).
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A previous study by our institute [16] determined the critical condition for pedicle
screw insertion as having the threaded portion exposed by 1 or 2 threads to accommodate
rod placement and ensure alignment between the tulip of the screw and the rod. Two
different setups were evaluated (Figure 1b): (i) pedicle screw fully inserted into the test
block with an exposed length of 3.6 mm [16] (EXP-FT-01 and EXP-PU-01) and (ii) pedicle
screw inserted leaving 7.6 mm [16] of the screw shaft exposed (EXP-FT-02 and EXP-PU-02).

Loading was applied in a cyclic sine wave at a frequency of 5 Hz with a load ratio of
0.1 (minimum load divided by maximum load). Static testing was first used to determine
the ultimate load for the EXP-FT-01 model as 340 N [16]. In accordance with ASTM F1717,
loading for fatigue testing should begin at 50% of the ultimate load, which is 170 N for
the EXP-FT-01 construct. Therefore, for all test setups (Figure 1b), loading began at 170 N
and was incrementally increased after every third sample (170 N to 190 N to 220 N) until
either the construct underwent permanent deformation or failed or the number of cycles
reached 5,000,000 cycles. Otherwise, the load level was decreased every 3 samples until
sample run-out. The maximum and minimum loads and the number of cycles sustained
were used to calculate the fatigue strength for each test setup.

2.2. Finite Element Models

Four finite element models (FEM-FT-01, FEM-FT-02, FEM-PU-01, and FEM-PU-02)
were created using the same boundary and loading conditions as the experimental fatigue
test setup detailed above (Figure 2a,b). A vertical load was applied to the analytically
rigid surface, which was inserted within the horizontal hole of the UHMWPE test block;
the lower rigid surface was fixed [16]. These two rigid surfaces were assumed to have
a frictionless contact with the test block. The contact interface between the screws and
rods was bonded [18,19]. All meshing and simulations were conducted using ANSYS
16.0 (ANSYS Inc., Park City, UT, USA). The pedicle screws, support rods, and UHMWPE
test blocks were modeled as linearly elastic materials with the properties detailed in
Table 1 [16]. The rods were meshed using eight-node hexahedral elements, and the screws
used four-node tetrahedral elements. A mesh sensitivity study was performed to ensure the
convergence of the mesh solution. The final model had 72,471 elements in each rod, 38,541
elements in each fully threaded polyaxial screw (8582 and 30,059 for the head and body,
respectively), and 36,437 elements in each proximally unthreaded polyaxial screw (8582
and 27,855 for the head and body, respectively). The UHMWPE block in the FEM-FT-01 and
FEM-PU-01 models had 61,059 elements, and in the FEM-FT-02 and FEM-PU-02 models
had 55,832 elements (Table 2). When placed under a 170 N vertical load, the mesh was
assumed to converge when the change in von Mises stress on the screws and rods was less
than 2%.

Table 1. Material properties of finite element models.

Modulus (MPa) ν

Ultra-high molecular weight polyethylene (UHMWPE) blocks [16] 1050 0.4

Titanium rods [16] 110,000 0.3

Titanium pedicle screws [16] 110,000 0.3

The FEM-FT-01 model was validated by demonstrating that the stiffness of the entire
model (43.18 N/mm) was within the range of experimental data (42.78–43.72 N/mm),
as shown in Figure 2c.
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Figure 2. (a) Finite element model in accordance with ASTM F1717 standard configuration. (b) Pedicle screw inserted
leaving 7.6 mm unsupported length (FEM-FT-02 and FEM-PU-02). (c) The axial displacement and load curve of experimental
data of EXP-FT-01 and finite element model FEM-FT-01.

Table 2. Type of elements, number of elements, and nodes in each part of the finite element models.

Fully Threaded
Polyaxial Screw

(Head/Body)

Proximally
Unthreaded

Polyaxial Screw
(Head/Body)

UHMWPE Block
of FEM-FT-01 and

FEM-PU-01

UHMWPE Block
of FEM-FT-02 and

FEM-PU-02
Rod

Type of elements 4-node tetrahedral 8-node hexahedron

Number of
elements

8582/30,059 8582/27,855 61,059 55,832 72,471

Number of nodes 15,448/54,407 15,448/49,582 109,296 99,381 289,878
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3. Results

3.1. Dynamic Compression Bending Test

Table 3 details the results of the dynamic bending compression test. The EXP-PU-
01 construct was found to have the greatest fatigue strength of 220 N, while both the
EXP-FT-01 and EXP-PU-02 groups had a lower fatigue strength of 190 N. In the fully
threaded (FT) groups, the screw failed where it inserted into the UHMWPE block, whereas
it was the rod that failed in the proximally unthreaded (PU) groups (Figure 3). Under
a maximum load of 190 N, one sample from the EXP-PU-02 group survived to run-out
(>5,000,000 cycles), which was superior to the EXP-FT-02 group, which had an average
cycle count of 1,116,787 cycles.

Table 3. Results of the dynamic compression bending test.

Min. and Max. of
Axial Force

17–170 (N) 19–190 (N) 22–220 (N)

Group No. of samples Cycles No. of samples Cycles No. of samples cycles

EXP-FT-01

1 Run-out 4 Run-out 7 719,021 *

2 Run-out 5 Run-out 8 791,733 *

3 Run-out 6 Run-out 9 736,885 *

EXP-FT-02

10 Run-out 13 1,361,467 * 16 18,209 *

11 Run-out 14 971,656 * 17 21,779 *

12 Run-out 15 1,017,237 * 18 7562 *

EXP-PU-01

19 Run-out 22 Run-out 25 Run-out

20 Run-out 23 Run-out 26 Run-out

21 Run-out 24 Run-out 27 Run-out

EXP-PU-02

28 Run-out 31 Run-out 34 4,152,887 **

29 Run-out 32 Run-out 35 4,001,455 **

30 Run-out 33 Run-out 36 Run-out

* Pedicle screw fracture; ** rod fracture; run-out: run out at 5 million cycles.

 

Figure 3. Rod failed in the proximally unthreaded (PU) groups in the dynamic compression bend-
ing test.
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3.2. Maximum Von Mises Stress on Pedicle Screw and Rod

The maximum von Mises stress on the screws in the computational models appeared
at the region where the screws entered the UHMWPE blocks (Figure 4a). The von Mises
stress on the pedicle screws was recorded as 677.23 MPa, 1070.91 MPa, 385.809 MPa,
and 491.50 MPa in the FEM-FT-01, FEM-FT-02, FEM-PU-01, and FEM-PU-02 models,
respectively, when placed under an axial force of 170 N. When the load was increased to
220 N, the FEM-FT-02 model showed the highest von Mises stress on the pedicle screws
(Table 4). For the rod component in the FEM-FT-01, FEM-FT-02, FEM-PU-01, and FEM-
PU-02 models, the maximum von Mises stress was 341.66 MPa, 369.67 MPa, 361.36 MPa,
and 362.24 MPa, respectively, under a 170 N axial load, and the maximum value occurred
at the interface between screw and rod. When the load was increased to 220 N, the FEM-
FT-02 model showed the highest von Mises stress on the rods (Figure 4b and Table 5).
The maximum von Mises stress on the pedicle screws in the FEM-PU-01 and FEM-PU-
02 models was 43% and 54% less than that in the FEM-FT-01 and FEM-FT-02 models,
respectively, while the maximum von Mises stress on the rod component decreased by
1.4% in both models. The stiffness of the FEM-PU-01 (45.09 N/mm) and FEM-PU-02
(30.09 N/mm) models increased by 4.4% and 14.2%, respectively, in comparison to the
FEM-FT-01 (43.18 N/mm) and FEM-FT-02 (26.34 N/mm) models. The stiffness of all FEM
models was found to be similar to the results from the mechanical fatigue test (EXP-FT-01:
42.48 ± 0.42 N/mm; EXP-FT-02: 26.69 ± 0.63 N/mm; EXP-PU-01: 44.96 ± 0.71 N/mm;
EXP-PU-02: 29.52 ± 0.93 N/mm).

Table 4. Maximum von Mises stress on pedicle screws.

Axial Force (N) 170 220

Screw of FEM-FT-01 (MPa) 677.23 875.23

Screw of FEM-FT-02 (MPa) 1070.91 1384.01

Screw of FEM-PU-01 (MPa) 385.89 498.71

Screw of FEM-PU-02 (MPa) 491.5 635.20

Figure 4. Cont.
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Figure 4. The distribution of the maximum von Mises stress on (a) pedicle screws of four models and (b) rods of the
FEM-FT-01 model under 170 N axial loading.

Table 5. Maximum von Mises stress on rods.

Axial Force (N) 170 220

Rod of FEM-FT-01 (MPa) 341.66 440.12

Rod of FEM-FT-02 (MPa) 369.67 475.36

Rod of FEM-PU-01 (MPa) 361.36 465.49

Rod of FEM-PU-02 (MPa) 362.24 468.78

4. Discussion

Fracture of pedicle screws can lead to considerable complications in the spine, such
as loss of curvature and symptomatic pseudarthrosis, which often requires reoperation.
Screw fracture mostly occurs following high-energy impact injuries or metal fatigue from
repetitive stress. Chu et al. [16] demonstrated a reduction in the fatigue life and strength of
pedicle screws when a portion of the screw threads was left exposed outside of the bone.
This is echoed in the results of this study, where the EXP-FT-02 construct clearly had the
lowest fatigue strength of all groups. However, Table 3 also shows that by omitting threads
from the exposed portion of the screw (1/3 proximally unthreaded), the fatigue strength
increased in comparison to a fully threaded screw.

It is worth noting that the fatigue life of EXP-PU-02 was higher than EXP-FT-01,
signifying that the fatigue strength of the proximally unthreaded (PU) screw when not
fully inserted is higher than the fully threaded (FT) screw when fully inserted into the
test block. In addition, whereas the construct with fully threaded screws failed through
screw fracture, the construct with PU screws failed by fracture of the rods. This shows
that the unthreaded portion (shank) of the PU screw plays an important role in the fatigue
life and supports the hypothesis of this study that the fatigue strength would be superior
to a fully threaded screw. A possible contributing factor to the greater fatigue strength is
the diameter of the screw. The smooth shank on the PU screw had a diameter of 4.0 mm,
whereas the inner/minor diameter of the fully threaded screw was 3.0 mm. The second
axial moment of area of the PU screw was greater than the fully threaded screw at the
point where the screws entered the test block. This might contribute to the better fatigue
bending strength.
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According to Chen et al. [20], the most stressed site on a pedicle screw is the junction
between the shank and threads, and the threads at the screw–bone interface tend to be less
stressed than threads outside the interface. This is consistent with the findings of this study.
Whether considering the FT or PU screw, the major stress occurred on the proximal part
of screw, and the maximum von Mises stress occurred at the interface between the screw
and the block. In all of the FT screw groups, the maximum von Mises stress on the screw
exceeded that on the rod. Previous studies [20–22] have demonstrated an increase in stress
at the screw head and a loss in fatigue strength with increasing unsupported screw length,
which is consistent with the findings of this study. The FE model demonstrated that in
comparison to the FT screw, the PU screw design produced a lower maximum von Mises
stress on the screw and provided superior fatigue strength when partially inserted. This
was supported by the fact that it was the rod rather than the screw that fractured during
the dynamical compression test.

Despite the clearly superior results obtained from the proximally unthreaded screw in
this study, there are some limitations to the methods used. (i) The vertebrectomy model
was developed in compliance with ASTM F1717, which is the correct approach to use
for this form of study [22–24]. However, the simplifications incorporated into any such
model cannot truly represent the multidirectional loading conditions in a normal human
spine. (ii) Similarly, the finite element models were subjected to a single vertical load on a
specific point on the test block to validate the models, but again this is a gross simplification
against in vivo conditions in the spine. Future studies may consider incorporating a wider
range of forces. The computational model was also simplified to assign all constructs
with linearly elastic homogeneous isotropic properties with all contact interfaces bonded.
These assumptions are simplifications of the real situation, where the insertion of the
pedicle screw within the UHMWPE block would produce an initial residual stress/damage
on the surrounding of the UHMWPE block (plastic deformed) [23], which increased the
displacement in the experiments and showed non-linear behavior (Figure 2c). These
assumptions also result in a stiffer construct and linear behavior of load displacement
in the finite element model, as shown in Figure 2c. (iii) Different screw sizes or thread
designs were also not considered in this study because the primary goal was to analyze how
incomplete insertion of the proximally unthreaded pedicle screw compared to a standard
fully threaded pedicle screw in terms of stress and fatigue life.

5. Conclusions

The results of this study show that the 1/3 proximally unthreaded (PU) pedicle screw
design offers superior fatigue strength and fatigue life over a traditional fully threaded
pedicle screw during both partial and full insertion. The PU pedicle screw can not only
reduce the risk of screw fatigue failure but also increase implant survival when used in
deformed or degenerated segments where the pedicle screws need to be exposed by one or
multiple threads to accommodate rod placement.
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Abstract: Just like menisci, articular cartilage is exposed to constant and varying stresses. Injuries to
the meniscus are associated with the development of gonarthritis. Both the articular cartilage and the
menisci are subject to structural changes under gonarthritis. The aim of this study was to investigate
biomechanical alterations in articular cartilage and the menisci under gonarthritis by applying an
indentation method. The study assessed 11 menisci from body donors as controls and 21 menisci
from patients with severe gonarthritis. For the simultaneous examination of the articular cartilage
and the menisci, we only tested the joint surfaces of the tibial plateau covered by the corresponding
menisci. Over the posterior horn of the meniscus, the maximum applied load—the highest load
registered by the load cell—of the arthritic samples of 0.02 ± 0.02 N was significantly greater (p = 0.04)
than the maximum applied load of the arthritis-free samples of 0.01 ± 0.01 N. The instantaneous
modulus (IM) at the center of the arthritic cartilage covered by the meniscus with 3.5 ± 2.02 MPa
was significantly smaller than the IM of the arthritis-free samples with 5.17 ± 1.88 MPa (p = 0.04).
No significant difference was found in the thickness of the meniscus-covered articular cartilage
between the arthritic and arthritis-free samples. Significant correlations between the articular cartilage
and the corresponding menisci were not observed at any point. In this study, the biomechanical
changes associated with gonarthritis affected the posterior horn of the meniscus and the mid region
of the meniscus-covered articular cartilage. The assessment of cartilage thickness as a structural
characteristic of osteoarthritis may be misleading with regard to the interpretation of articular
cartilage’s biomechanical properties.

Keywords: gonarthritis; meniscus; articular cartilage; biomechanical testing; mapping; indentation;
instantaneous modulus; tissue biomechanics

1. Introduction

Arthritis is the most common joint disease, with the knee joint being one of the most frequently
affected joints [1]. Constantly changing multidirectional and dynamic forces stress the knee joint
daily [2]. One of the structural characteristics of arthritis is the loss of articular cartilage [3].

Degenerative changes are manifested in a softening and continuous thinning of the joint cartilage,
potentially leading to the complete loss of cartilage [4].
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The meniscus improves weight distribution in the knee joint by increasing the contact surface
between the femoral condyles and the tibial plateau [5], serving as shock absorption [5,6] and protecting
the joint cartilage beneath it [7]. Consequently, meniscus displacement or meniscus extrusion is a
strong predictive factor for the loss of cartilage tissue, indicating that the biomechanical properties of
the meniscus have failed [8,9]. This results in the current approaches that aim to preserve as much
meniscus tissue as possible [10].

There exist a variety of forms of meniscus replacement, such as autogenous replacement, but also
artificial implants. However, in contrast to articular cartilage replacement [11], a widely applicable
meniscus replacement with clear scientifically proven efficacy is not yet available [12]. Given this gap
in research, a deeper understanding of the biomechanical behavior of meniscus and cartilage tissue
appears vital.

Thus far, for both menisci and joint cartilage, animal samples have predominantly been
studied [13–18]. Previous biomechanical examination of the articular cartilage, as well as for the
meniscus, included both unconfined compression tests [16,19,20] and confined compression tests [21,22].
However, a complete mapping of the biomechanical properties of the tissue with a large number of
measurement points was only possible to a limited extent [23,24], with exception of Seidenstuecker et
al. [25], who examined the articular cartilage with a complete mapping of biomechanical properties.
This was possible by using an indentation test. The main objective of the indentation test is to determine
the instantaneous modulus (IM) and hardness of a sample. IM thus describes the ability of an elastic
material to resist deformation under applied mechanical stress. The work from Sim et al. [26,27] and
Seidenstuecker et al. [25] showed that automatic mapping of articular cartilage with Biomomentum
Inc. technology (Montreal, QC, Canada) is possible.

Studies on human menisci and their corresponding articular cartilage concerning the difference
between arthritic and arthritis-free samples are missing thus far.

The aim of this study was therefore to investigate the relationship between the biomechanical
properties of the meniscus-covered cartilage and the corresponding menisci in the pathogenesis of
osteoarthritis (OA) to better understand the role of the meniscus in the protection of the articular
cartilage and contribute to the development of meniscus scaffolds.

2. Materials and Methods

A total of 32 menisci and the underlying articular cartilage were used for the measurements:
21 arthritic menisci and 11 arthritis-free samples.

The arthritic menisci were removed from the arthritic tibial plateau and the tissues were frozen
within 24 h after surgery for total knee replacement (TKR) due to severe osteoarthritis [25].

The average age of the patients was 71.76 ± 7.23 years. Of the patients, 15 were female and
6 were male.

The arthritis-free samples originated from fresh frozen knees of body donors [25]. OA was excluded
by specialists in orthopaedics and trauma surgery at the investigating hospital. During preparation of
the arthritis-free samples by specialists in orthopaedics and trauma surgery, degenerative changes of
the cartilage due to the patients age were observed. This includes softening and swelling as well as
fibrillation of the cartilage surface in little areas. A further assessment including a grading system of
these macroscopic changes has not been performed.

All arthritic samples were handled according to approved institutional ethics committee certificates
(ethics vote 305/10 of the ethics commission of the Freiburg University Medical Center).

2.1. Indentation Testings

The description of the biomechanical measurement methods concerning the articular cartilage
is based on Seidenstuecker et al. [25]. The indentation test (DIN EN ISO 14577) was carried out first,
followed by thickness measurement using the needle measuring method [28].
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Biomechanical testing of the menisci and cartilage was carried out by means of indentation
tests (DIN EN ISO 14577-1:2015) [29] (see Figure 1). A Mach-1 Model V500css test machine
(Biomomentum Inc., Laval, Canada), a multiaxial load cell with 17 N MA 233 (ATI industrial
Automation, Apex, NC, USA) for the menisci and a multiaxial load cell with 70 N Model FTIFPS1
(ATI industrial Automation, Apex, NC, USA) for the articular cartilage [25], and a Newport Motion
Controller ESP 301 (Newport, Irvine, CA, USA) were used. These materials allow for the examination
of soft tissue as well as the complete mapping of the tissue [25,26,30]. The menisci were fixed to
the MA646 specimen holder (Biomomentum Inc., Laval, QC, Canada) by Loctide (Henkel AG and
CoAG KGaA, Düsseldorf-Holthausen, Germany) according to physiological conditions and were then
anchored in the testing device. For biomechanical testing of the articular cartilage of the tibial plateau,
we first marked the meniscus-covered areas with tissue markers [25]. The samples were then fixed in
the testing machine.

After that, the measuring points had to be determined. For this purpose, the glued menisci
and tibial plateaus were recorded with a camera. In the Mach-1 Analysis Software Version 4.1.0.17
(Biomomentum, Montreal, QC, Canada), a position grid could then be projected on these images with
which the measurements were taken [25].

The position grid was created mechanically for the arthritis-free meniscus and all tibial plateaus
and manually adapted to the shape and size of the arthritic meniscus. The indentation test
(DIN EN ISO 14577) was then carried out using a spherical indenter MA680 (Biomomentum Inc.,
Laval, QC, Canada) with a diameter of 1 mm [25]. In this way, the entire tissue can be tested.
The maximum applied load was defined as the highest load registered by the load cell per measuring
point. An average of 45 measuring points was distributed over the meniscus. When the articular
cartilage was tested in the same way as the meniscus, an average of 35 measuring points was distributed
over the entire tibial plateau.

 

Figure 1. (A) Mach-1 thickness measurement by needle method (joint cartilage); (B) Mach-1 Indentation
(meniscus); (C) Mach-1 thickness measurement by needle method (meniscus).

Since meniscus and articular cartilage differ in their biomechanical properties, the testing criteria
differ. The testing criteria chosen are in the range of previous studies [25,26]. The meniscus is less
stiff than the cartilage. Therefore, a 0.1 mm/s faster indentation speed was chosen in comparison to
the indentation speed of the cartilage [25]. The articular cartilage lies flat on the subchondral bone.
Therefore a 0.1 mm higher indentation depth was chosen. Since the meniscus was glued on the
metal, we selected a smaller depth. Otherwise, the indenter could touch the metal before reaching the
predefined indentation depth. Thus, following testing criteria were used:

The following criteria were used to test the meniscus: Poisson ratio: 0.5, contact criterion: 0.1 N,
predefined indentation amplitude: 0.2 mm, indentation speed: 0.2 mm/s, and relaxation time: 10 s.

The following criteria were used to test the joint cartilage [25]: Poisson ratio: 0.5 contact criterion:
0.1 N, predefined indentation amplitude: 0.3 mm, indentation velocity: 0.1 mm/s, and relaxation
time: 10 s.
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In order to prevent dehydration of the tissue, we added NaCl 0.9% to the tissue repeatedly using
a disposable pipette during the measurement.

2.2. Thickness Measurement

The indentation test was followed by a thickness measurement. The indenter for measuring the
meniscus was replaced with a size 18 cannula (B. Braun, Melsungen, Germany). The following criteria
were selected: stop criterion: 5 N, and speed: 0.5 mm/s. The cannula was perpendicular to the samples
and moved in the direction of the samples at a constant speed. This movement was stopped as soon as
the cannula reached the metal below the meniscus. To prevent damage of the load cell, we stopped the
cannula at a maximum axial load of 5 N.

The needle technique was also used to measure the thickness of the articular cartilage [28].
The indenter was replaced with a 27G × 3

4 intradermal cannula (B. Braun, Melsungen, Germany).
The following criteria were used to measure the thickness of the joint cartilage [25]: stop criterion: 7 N,
and speed 0.5 mm/s. The cannula was perpendicular to the sample and moved at a constant speed
until it reached the subchondral bone and the stop criterion was met [25,26].

The thickness mapping used the same measuring grid as the automated indentation mapping in
order to get the thickness information on the exact same positions [25].

2.3. Evaluation of Biomechanical Results

The findings were analyzed using the software Mach-1 Analysis Version 4.1.0.17 (Biomomentum,
Montreal, Canada) and SPSS 25 (IBM, Armonk, NY, USA). The collected data were evaluated according
to Sim et al. [26] and Seidenstuecker et al. [25]. The thickness of both the menisci and the articular
cartilage was evaluated in the same way. The thickness was calculated as the difference between the
first point of contact of the cannula with the tissue, where the load cell registers a load, and the point of
transition, where the load cell perceives a load against the stop criterion. The IM was then evaluated at
each measuring position using the following formula [31]:

IM =
P
H
· 1− v2

2ak ·
(

a
h v
)

where IM is instantaneous modulus, P is load, H is indentation depth, a is radius of the contact region,
v is Poisson’s ratio, k is correction factor dependent on a/h and v (values of k were chosen automatically
by the software Mach-1 Analysis Version 4.1.0.17 (Biomomentum, Montreal, Canada) according to
values determined by Hayes et al. [31] depending on a/h and v), and h is specimen thickness.

2.4. Statistics

The data were evaluated using Mach-1 Analysis Software Version 4.1.0.17 (Biomomentum,
Montreal, QC, Canada), Origin 2018 Professional (Origin Lab, Northampton, MA, USA), SPSS 25 (IBM,
Armonk, NY, USA) and Excel 2016 (Microsoft Corporation, Redmond, WA, USA). The menisci were
divided into thirds. The mean value of each third was calculated with Excel 2016 (Microsoft Corporation,
Redmond, WA, USA). The mean value of the entire meniscus was calculated as well. Like the meniscus,
the meniscus-covered area of the tibial plateau was also divided into thirds. Mean values were then
calculated the same way. All biomechanical results were expressed as mean values with a standard
deviation. Statistical analysis was conducted with SPSS 25 (IBM, Armonk, NY, USA). Samples were
compared using the Mann–Whitney U test. Samples were correlated according to Spearman’s rank
correlation coefficient. Results with p < 0.05 were considered statistically significant.

After pre-tests of the meniscus, mean values for the maximum applied load of 0.01 N for
arthritis-free samples and 0.03 N for arthritic samples were expected. The SD was hypothesized as 0.01.
To reach an alpha error level of 1%, at least 11 samples of each (specimen and control) were necessary.
The online sample size and power calculator www.dssresearch.com were used. The calculated power
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for 2 different samples and two-tailed test with a difference of maximum applied load with 0.02 N,
21 samples and 11 controls, SD of 0.01 each, and alpha error level of 1% was calculated to be 99.7%.

After pre-tests of the cartilage, mean values for the IM of 5 MPa for arthritis-free samples and
3 MPa for arthritic samples were expected. The SD was hypothesized as 1. To reach an alpha error
level of 1%, at least 11 samples of each (specimen and control) were necessary. The online sample size
and power calculator www.dssresearch.com were used. The calculated power for 2 different samples
and two-tailed test with a difference of IM with 2 MPa, 21 samples and 11 controls, SD of 1 MPa each,
and alpha error level of 1% was calculated to be 99.7%.

3. Results

3.1. Biomechanical Results of the Meniscus

Over the posterior horn, the maximum applied load of the arthritic samples of 0.02 ± 0.02 N
was significantly greater (p = 0.04) than the maximum applied load of the arthritis-free samples of
0.01 ± 0.01 N (see Figure 2).

Over the posterior horn, the IM of the arthritic samples of 0.18 ± 0.1 MPa was not significantly
greater (p = 0.17) than the IM of the arthritis-free samples of 0.13 ± 0.07 (see Figure 2).

Figure 2. (A) Differences in the maximum applied load in N over the posterior horn of the meniscus
(p = 0.03): arthritic: 0.02 ± 0.02 N (error bar: ± 1 SD); arthritis-free: 0.01 ± 0.01 N (error bar: ± 1 SD).
(B) Differences in instantaneous modulus (IM) in MPa over the posterior horn of the meniscus: arthritic:
0.18 ± 0.1 MPa (error bar: ± 1 SD); arthritis-free: 0.13 ± 0.07 MPa (error bar: ± 1 SD); * = statistically
significant with p < 0.05.

3.2. Biomechanical Results of the Meniscus-Covered Cartilage Tissue

Significant differences were found in both the IM and the maximum applied load (see Figure 3)
between arthritic and arthritis-free samples at the center of the meniscus-covered articular cartilage.
The IM of the arthritic samples with 3.5 ± 2.02 MPa was significantly smaller than the IM of the
arthritis-free samples with 5.17 ± 1.88 MPa (p = 0.04). The maximum applied load of the arthritic
samples with 1.04± 0.63 N was significantly smaller than the maximum applied load of the arthritis-free
samples with 1.51 ± 0.47 N (p = 0.03).
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Figure 3. (A): Differences in maximum applied load in N over the mid part of the meniscus-covered
cartilage (p = 0.04): arthritic: 1.04 ± 0.63 N (error bar: 1 SD); arthritis-free: 1.51 ± 0.47 N (error bar:
1 SD). (B) Differences in IM in MPa over the mid part of the meniscus-covered cartilage tissue (p = 0.03):
arthritic: 3.5 ± 2.02 MPa (error bar: 1 SD); arthritis-free: 5.17 ± 1.88 MPa; * = statistically significant
with p < 0.05.

The maximum applied load over the entire meniscus-covered articular cartilage with 1.06 ± 0.67 N
was also significantly smaller for the arthritic samples compared to the arthritis-free samples with
1.55 ± 0.58 N (p = 0.04) (see Figure 4).

Figure 4. Differences in maximum applied load in N over the entire meniscus-covered cartilage tissue
(p = 0.04): arthritic: 1.06 ± 0.67 N (error bar: 1 SD); arthritis-free: 1.55 ± 0.58 N (error bar: 1 SD);
* = statistically significant with p < 0.05.

Over the entire meniscus-covered cartilage, the thickness of the arthritic articular cartilage with
2.11 ± 0.58 mm was not significantly smaller (p = 0.76) compared to the arthritis-free samples with
2.13 ± 0.42 mm (see Figure 5). At the mid region of the meniscus-covered cartilage, the thickness
of the arthritic cartilage with 2.17 ± 0.71 mm was not significantly smaller than the thickness of the
arthritis-free cartilage with 2.17 ± 0.5 mm (p = 0.82).

Figure 5. (A) Differences in entire meniscus-covered cartilage thickness in mm: arthritic: 2.11 ± 0.58 mm;
arthritis-free: 2.13 ± 0.42 mm (error bar: 1 SD). (B) Differences in meniscus-covered cartilage thickness
in the mid part in mm: arthritic: 2.17 ± 0.71 mm; arthritis-free: 2.17 ± 0.5 mm (error bar: 1 SD).
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3.3. Correlation Between the Results of the Meniscus-Covered Cartilage Tissue and the Meniscus

Only the menisci and their corresponding tibial plateaus were correlated (see Figure 6). Significant
correlations were not observed at any point. Neither the maximum applied load nor the IM between
the articular cartilage and the corresponding meniscus correlated significantly.

 

Figure 6. Combined mapping of IM of joint cartilage and associated menisci.

4. Discussion

4.1. Biomechanics of the Meniscus

The present study showed that the posterior horn is affected in cases of OA. In this study,
the maximum applied load on the posterior horn of the arthritic menisci was twice as high as that
of the menisci in arthritis-free knees. This means that over the posterior horn, the stiffness of the
meniscus increases under arthritis. In relation to the arthritis-free samples, a 100% higher force was
required to indent the arthritic samples to an equal depth (200 μm). This can be explained by the special
type of rolling–sliding movement in the knee joint [32]. The finding that the posterior horn of the
meniscus was affected in knee arthritis is consistent with previous studies. A medial meniscus study
showed that the posterior horn carried the highest percentage of shear stress [33]. Warnecke et al. [34]
showed by examining degenerative lateral menisci that the highest values for the respective hydraulic
permeability “k” were in the posterior region of the meniscus, indicating that degenerative processes
initially occur at the posterior horn. Under increased load, stiffness seems to increase in the particularly
stressed regions of the meniscus, i.e., the posterior horn.

4.2. Biomechanics of the Articular Cartilage

Both the IM and the maximum applied load at the center region of the articular cartilage covered by
the meniscus significantly decreased in arthritis. Degenerative changes are manifested in softening and
continuous thinning of the articular cartilage to complete bone baldness [4]. In particular, the central
part of the articular cartilage, where local loads are greatest [35] is affected by arthritis [36]. This concerns
in particular the uncovered cartilage but also the meniscus-covered regions [36]. With 2.11 ± 0.58 mm
for arthritic articular cartilage and 2.13 ± 0.42 mm for arthritis-free articular cartilage, the cartilage
thicknesses were very similar. The values measured for human cartilage tissue of the tibial plateau
correspond to the values described in literature on human cartilage tissue of the tibial plateau.
Thambyah et al. [37] reported cartilage thicknesses between 3.2 and 3.9 mm for the meniscus-uncovered
parts and between 1.7 and 2.1 mm for the meniscus-covered areas. Bohringer et al. [38] found a clear
difference in cartilage thickness between the different stages of osteoarthritis—cartilage thickness was
greatly reduced in severe osteoarthritis. Seidenstuecker et al. [25] found a statistically significant
(p < 0.001) difference in cartilage thickness between arthritic articular cartilage of the tibial plateau with
2.25± 0.11 mm and arthritis-free articular cartilage of the tibial plateau with 2.0± 0.07 mm. In this study,
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there was no significant difference in cartilage thickness between arthritic samples and arthritis-free
samples. An important task of the meniscus is the protection of the articular cartilage beneath [5,7,39].
Due to this protection, the articular cartilage may not have been reduced in the meniscus-covered
area even under arthritic conditions. The biomechanical properties of the meniscus-covered articular
cartilage decrease under arthritis significantly, although there is no relevant loss of articular cartilage.
This means that the cartilage thickness as a structural characteristic of osteoarthritis may be misleading
with regard to the interpretation of the biomechanical properties. Previous studies have shown that
early stage OA processes occur without macroscopic changes in the cartilage morphology [40,41].
Sim et al. [26] showed that visual and thickness assessments are much less sensitive in distinguishing
early degenerated cartilage than mechanical assessments where the functional and structural properties
of cartilage play important roles. There are existing non-invasive and non-contact methods to test the
biomechanical properties by using ultrasound imaging technologies [42]. Both ultrasound elasticity
(UEI) and ultrasound shear wave elasticity imaging (USWEI) have limitations [42]. Therefore, minimally
invasive indentation tests could better provide intraoperative information about the severity of joint
damage and thus contribute to the decision between joint replacement and joint-preserving therapy.

4.3. Correlation between the Results of the Meniscus-Covered Cartilage Tissue and the Meniscus

The IM of the meniscus-covered cartilage tissue was higher for the arthritis-free samples than
for the arthritic samples. These observations are consistent with the current literature [25]. For the
menisci, the opposite was observed. Both observations can be explained with the changes in the
proteoglycan content. In arthritic articular cartilage, proteoglycan synthesis is inhibited in particular
by Interleukin-1β [43], whereas more proteoglycan is present in arthritis-free tissue. Proteoglycans
bind water and thus stiffen the tissue [44]. In the meniscus, this is the opposite—degenerative or
arthritic altered menisci have a higher content of proteoglycan [45,46]. In meniscus tissue, an increased
glycosaminoglycan content correlates with an increased compression modulus [47]. In addition,
the articular cartilage was most affected by arthritis in the central part in contrast to the meniscus,
where the posterior horn was mainly affected by arthritis. The finding that the biomechanical results
of the articular cartilage did not correlate with those of the meniscus and vice versa appears to be
imperative to the background research described above.

4.4. Weaknesses of This Study

The arthritis-free samples are a population from the Pathological Institute. The age of the
arthritis-free samples is not known. However, it can be assumed that the age is advanced. Degenerative
changes occurred. Age-related degenerative changes influence the biomechanical properties of the
meniscus and of the articular cartilage. Tsujii et al. [48] showed that age-related compositional changes,
such as advanced glycation end-products, largely contribute to tissue stiffness. For the meniscus,
age-related changes are at least in tendency comparable to changes caused by osteoarthritis. This also
applies to the joint cartilage. Hudelmaier et al. [49] showed that knee cartilage thickness becomes
thinner with age. Pataki et al. [50] showed that age leads to impaired synthesis of proteoglycans
as well as osteoarthritis. Therefore, the age-related changes and osteoarthritis-related changes are
comparable. This reinforces the assumption that osteoarthritis leads to an even greater change in
biomechanical properties compared to a healthy young control group than observed in this study.
Due to the limited and different number of samples from the arthritic group and the arthritis-free group,
further investigations are necessary to determine if the assessment of cartilage thickness as a structural
characteristic of osteoarthritis is misleading with regard to the interpretation of articular cartilage’s
biomechanical properties. Laboratory studies are not fully comparable with in vivo conditions.

5. Conclusions

This study is the first to establish a direct connection between biomechanical alterations of the
meniscus and the articular cartilage beneath the meniscus under OA by applying an indentation method

136



Appl. Sci. 2020, 10, 8673

that allows for the examination of the entire tissue. It could be shown that biomechanical changes
mainly affect the posterior horn of the meniscus and the middle part of the meniscus-covered joint
cartilage. During OA, the stiffness of the meniscus increased while the stiffness of articular cartilage
increased. Despite the change in the biomechanical properties of the articular cartilage, no significant
difference was found in the thickness of articular cartilage between arthritic and arthritis-free samples.
Therefore, the cartilage thickness as a landmark of osteoarthritis may be misleading with regard to the
interpretation of the biomechanical properties. Indentation tests may help us to better understand the
biomechanical behavior of the meniscus and thus contribute to the further development of meniscus
grafts. In addition, minimally invasive indentation tests could provide intraoperative information
about the severity of joint damage and thus contribute to the decision between joint replacement and
joint-preserving therapy.
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Featured Application: This study validated the application of Elementary Geometrical Shape

(EGS) models for in vivo migration measurements of Total Hip Arthroplasty. Using EGS models

for migration detection presenting an alternative to surface models resulting out of computer

aided design and reverse engineering technology.

Abstract: Elementary Geometrical Shape (EGS) models present an alternative approach to detect
in vivo migration of total hip arthroplasty using model-based Roentgen Stereophotogrammetric
Analysis (mbRSA). However, its applicability for an irregular-shaped femoral stem and the reliability
of this mbRSA approach has not been proven so far. The aim of this study is to assess the effect of
multi-rater and an anatomically shaped femoral stem design onto resulting implant to bone migration
results. The retrospective analysis included 18 clinical cases of anatomically shaped stem with
10-year RSA follow-ups. Three raters repeatedly measured all RSA follow-ups for evaluating the
rater equivalence and intra-rater reliability. The results proved the equivalence between different
raters for mbRSA using EGS models (mbRSA-EGS), hence it simplified the investigation of rater
reliability to intra-rater reliability. In all in-plane migration measurements, mbRSA-EGS shows good
intra-rater reliability and small intra-rater variability (translation: <0.15 mm; rotation: <0.18 deg).
However, the reliability is worse in the out-of-plane measurements, especially the cranial-caudal
rotation (intra-rater variability: 0.99–1.81 deg). Overall, mbRSA-EGS can be an alternative approach
next to surface models while the in-plane migration of femoral stem (e.g., the implant subsidence for
loosening prediction) have more research interested than other directions.

Keywords: reliability; model-based RSA; elementary geometrical shape models; accuracy;
hip arthroplasty; migration

1. Introduction

Total Hip Arthroplasty (THA) is considered an effective treatment to improve the function of hip
joint failure caused by: arthritis [1] (including osteoarthritis, rheumatoid arthritis, traumatic arthritis,
and arthritis caused by other reasons, e.g., the microbleeds in joint capsule of congenital afibrinogenemia
patients [2]), fractures [3], malignant bone tumors [4], and so on. However, the main complication of
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THA, aseptic loosening [5], has plagued both patients and clinicians for many years. Next to aseptic
loosening, periprosthetic infection and the subsequent biofilm formation presented a common reason
for revision of THA [6,7]. The antibacterial potential of different implant materials and the strategy
to avoid infection is discussed within literature [8,9]. At present, the implant to bone micromotion
is considered the most important mechanical factors of aseptic loosening which represents one of
the top five reasons for revision surgery [10]. The current gold standard to assess the implant to
bone migration in vivo is Roentgen Stereophotogrammetric Analysis (RSA) [11,12]. The RSA method
calculates implant to bone migration using rigid body kinematics. To define a rigid body of the
implants surrounding bone, at least three tantalum markers must be intraoperatively injected into
cancellous bone. To define the implant component as a rigid body, available RSA methods use
specific approaches. (i) Marker-based RSA uses additional attached tantalum markers to the implant;
model-based RSA uses on the one hand (ii) surface models of the implant, resulting out of Reverse
Engineering (RE), or Computer Aided Design (CAD), or (iii) Elementary Geometrical Shape (EGS)
models on the other hand [11,13]. The continuous development of the methodology should allow a
more extensive application of it.

The introduction of model-based RSA (mbRSA) replaced the additionally attached implant
markers of marker-based RSA method by matching a three dimensional (3D) surface implant model
to implants projection contour on X-ray films [13]. By using mbRSA, the possibility of an implant
marker occlusion could be avoided, and more complex designs, for which additional implant marking
presents a challenge, could be overcome. Interchangeable applicability between the gold standard
marker-based RSA and mbRSA approach was proved in experimental and clinical settings for surface
models [14,15] as well as for EGS approach [13,16,17]. The models required for mbRSA can be derived
from RE, CAD, or EGS. Both RE and CAD model have the characteristic that they are highly close to
the actual shape of an implant, so that they can be easily matched up with the implant contour on X-ray
images. An EGS model uses 3D geometric shapes, likewise spheres, cones, etc., to represent the implant,
which will then be partially matched to the implant contours (Figure 1). For example, the femoral
ball head component can be matched with a sphere and the distal part of hip stem component can be
matched with a cone. mbRSA-EGS uses three virtual markers calculated from the hip stem geometry
to represent the rigid body of stem component [13]. The first virtual marker is allocated to the center
of femoral ball head, which is represented by the sphere. The second virtual marker represents the
femoral stem tip, located at the projection of the lowest tip point on the longitudinal axis of applied EGS
cone model. The projection of the first maker (origin center first virtual marker; center of the ball head)
on the longitudinal axis of cone model defined the third virtual marker. Remember, this determination
of the femoral stem as a rigid body (by three virtual markers) using EGS models requires a stable
head-taper connection [17]. Migrations of the stem component relative to femur bone (represented by
maker model) were calculated using rigid body kinematics.

This EGS approach enables us to create an individual model with each applied implant size for
migration detection within a clinical study. In comparison to the mbRSA approach using CAD/RE
models, for each implant size and design variation, one CAD/RE model is required as it is matched
with the actual implant shape [18]. Exceptions exist, if, for a design variation, a reduced contour
selection is possible [19]. For instance, a THA system with seven different sizes and three variations
of caput-collum-diaphyseal (CCD) angle means 21 RE models in total. If each RE model costs
approximately EUR 200–250, the total costs of RE models will amount to EUR 4200–5250. In contrast,
the application of EGS model can save this cost, as it only demands the corresponding geometry of
implants. The generality of EGS model enables the wide application to various types and sizes of
implants [20].

At present, EGS model is mostly applied to regular-shaped femoral stems (with conical shaped
distal part) [13,16]. However, an irregular-shaped design has been introduced into a large number
of femoral stem designs for different reasons [21]: rectangular cross-sectional design for strong
rotational stability, conical design with multiple splines for primary fixation, anatomical design to
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achieve maximum contact, short stem design without a long distal part to preserve bony tissue.
However, the application of EGS model on those irregular-shaped femoral stems has not been proven.
The development of computer assisted RSA approaches has turned most of the cumbersome manual
procedures into automation, thereby reducing unnecessary sources of error from most of manual
procedures [22]. Migration analysis using RSA software still contains some user interactions (Figure 2).

 

Figure 1. Investigated femoral stem component. RSA analyses by marker-based RSA and mbRSA-EGS
illustrated on the same set of RSA radiographs. Bone markers: Green; Implant markers: Yellow;
EGS model and projection contour: Red.

 

Figure 2. Potential user interactions during RSA image analyses. (A,B): poor image quality can lead to
variations in the choosing marker center. (C): the blurry projection contour of a ceramic femoral head.
(D,E): choosing two conical-shaped parts when applying EGS models to the irregular-shaped femoral
stem. Variations existed in both the length and position of the cone model.

An example for user interactions presents the implant contour detection, which required the rater
to select the correct contour. However, not all the implant contours can be clearly displayed on the
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X-ray image. The clarity of the implant contour can be affected by the image quality, thickness of
soft tissue, density of implant material, etc. For instance, the contour of ceramic femoral head is
more blurred compared to metal implants (Figure 2c). In addition to the selection of implant contour,
the rater needs to decide which part of distal stem is the required conical shape when applying EGS
model to irregular-shaped femoral stems. The current RSA approach and available software-package
for analysis is not able to standardize this procedure, considering that those user interactions may affect
the resulting implant or bone rigid body definition, thereby influencing the reliability of migration
measurement. Information of RSA methodology reliability is lacking. There is a need for this kind of
analysis, whilst keeping in mind, that user interactions may affect migration results. Therefore, a rater
reliability RSA study was designed to investigate whether the EGS model can be reliably applied to
one kind of the irregularly shaped designs: an anatomically shaped stem.

The aim of this study is to answer the two following questions by investigating the rater reliability:
(i) which directions of migration measurements have acceptable reliability by applying mbRSA using
EGS model; (ii) the reliability of which direction of measurements may be greatly affected. This was
demonstrated by the following steps:

1. Rater equivalence: the equivalence between raters was evaluated firstly, which was obtained when
the inter-rater difference was so small that measurements from different raters were considered to
be equivalent to the rater’s own repeated measurements.

2. Intra-rater reliability: if the rater equivalence is acceptable, the investigating of rater reliability can
be reduced to the evaluation of intra-rater reliability (as the definition of rater equivalence above).

• Intra-rater reliability of marker-based RSA and mbRSA-EGS
• Whether the intra-rater variability of mbRSA-EGS can be accepted compared with

marker-based RSA and the upper limits of RSA accuracy.

2. Materials and Methods

RSA data of primary THA was retrospectively analysed and taken out of a previous study
(ethical registration number: 1.077) [23]. Available data offers the opportunity to analyse long-term
implant migration by both marker-based RSA and mbRSA-EGS method, respectively.

2.1. Image Acqusition and Analysis

RSA examinations were performed within a uniplanar RSA set up. Patients were positioned
in supine position within the both X-ray sources, focused at the hip joint from above with an
intersection angle of approximately 40 deg. A calibration box (RSA BioMedical Innovations AB,
Umeå, Sweden) was placed under the X-ray table with a vertical distance of 140 cm from the X-ray
source. Patients underwent the first reference RSA examination within the first postoperative week,
and received RSA follow-ups at 3 months, 6 months, 1 year, 2 years, 5 years, and 10 years.

2.2. Patient Cohort—Inclusion Criteria

The patient cohort received a cemented THA system, consisting of an anatomically shaped femoral
stem (Lubinus SP II, Waldemar Link GmbH, Hamburg, Germany) with three visible additional attached
tantalum markers which was combined with a ceramic ball head (BIOLOX®forte, Ceram Tec GmbH,
Plochingen, Germany) with a diameter of 28 mm. All available cases of this previous study were
reviewed. Only cases with a cemented polyethylene acetabular cup (LINK® IP Acetabular Cup,
Waldemar Link GmbH, Hamburg, Germany), and a complete follow-up series of RSA images and cases
which were able to carry out by both marker-based RSA and mbRSA-EGS methods, were included.
Exclusion criteria were: cases with the marker occlusion problem, unacceptable conditions, and cases
with a metal acetabular cup component (this means that the femoral head projection can be occluded
by metal cup and it resulted in an impossibility to analyze with EGS models). Finally, n = 18 cases
were included.
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2.3. Measurement and Analysis Protocol

RSA analyses of femoral stem components were performed with a commercially available
software package (MBRSA 4.1, RSA Core, Leiden, The Netherlands). During the analysis with standard
thresholds, condition number (≤100) and rigid body error (≤0.35 mm), were continuously monitored
according to the recommended RSA Guidelines for producing standardized analysis procedure [11,24].
Migration was calculated based on a reference point, which represents the center of gravity of a rigid
body. After aligned the reference rigid body (e.g., bone rigid body), translation could be calculated
based on the difference of the migration rigid body location (e.g., location of the reference point of
implant) between two follow-up time points, rotation could be calculated based on the difference of
the migration rigid body orientation between two follow-up time points. The rigid body orientation
can be estimated by several shape matching methods in case of using RE/CAD model [12] or EGS
model [13]. To verify the quality of the image calibration procedure, standard thresholds for calibration
errors (translation ≤0.05 mm, focus error ≤0.5 mm) were used for image analysis [24]. Migration of
about 6 degrees of freedom using rigid body kinematics were calculated with respect to a global
coordinate system. Application of a calibration box defined translation along the medial-lateral (x)
and cranial-caudal (y) axes as in-plane motion, and translation along the anterior-posterior axis (z)
as out-of-plane implant to bone motion (migration). Rotation around the anterior-posterior axis (Rz)
described in-plane motion and around the medial-lateral (Rx) and cranial-caudal (Ry) axes, out-of-plane
implant to bone motion, respectively.

Three independent raters participated in this study, two of which have 2 years’ experience in
RSA project (rater 1 and rater 3), one has half year experience in RSA analysis (rater 2). Each rater
carried out RSA analyses with the marker-based RSA and mbRSA-EGS methods according to the
standard analysis protocol in the user manual (MBRSA 4.1, RSA Core, Leiden, The Netherlands).
When applying mbRSA-EGS, the raters themselves chose which conical portion of the contour of the
distal stem to analyse. After all RSA radiographs were analyzed once by both methods, the raters took
a one-week break. This process was repeated until each pair of RSA radiographs was analyzed three
times by each rater (Figure 3). Once achieved, for an individual rater, calibration of RSA radiographic
image pairs was kept unchanged for the remainder of the analysis sequence of each image pair for
both RSA methods (marker-based RSA and mbRSA-EGS). However, for repeated analysis (three times
with the same images) by different raters, each time the calibration and analysis were done repeatedly.
During the analyses, raters were allowed to revise the analyses when any procedure went against
the defined analysis protocol. However, they were not allowed to revise the analyses based only
on suspicion of migration. Before all analyses were accomplished, raters had no information of the
migration data from previous studies or any other source.

2.4. Statistics

The coefficient of individual agreement (CIA) was used to assess rater equivalence [25], which was
adapted from the coefficient for assessing individual bioequivalence criteria (IBC) by Food and Drug
Administration (FDA) guideline 2001 [26]. CIA was obtained when the inter-rater difference was so
small that measurements from different raters were considered to be equivalent to the rater’s own
repeated measurements. The threshold of CIA was adapted from the bound of IBC recommended
by FDA, 2.495, which corresponds to 0.445 of CIA [25]. Equivalence was considered acceptable if
CIA greater than 0.445. The 95% confidence interval was estimated with bootstrapping method [25].
Intraclass correlation coefficient (ICC) was used to assess the intra-rater reliability. An ICC less than
0.40 was considered to be “poorly” agreement, from 0.40 to 0.59 was considered to be “acceptable”,
from 0.60 to 0.74 was considered to be “good”, and 0.75 to 1.00 was considered to be “excellent” [27].
The intra-rater variability was calculated as within-group mean square (WMS) [28]. F-test was
used to determine the significance of the intra-rater variability of mbRSA-EGS compared with the
corresponding of marker-based RSA (normality was tested by Kolmogorov–Smirnov test). Chi-square
test for the variance was used to determine whether intra-rater variability was significantly less than
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the upper limit of RSA measurement accuracy. Consistent with previous studies [29,30], the upper limit
of RSA accuracy (0.5 mm for translation, 1.15 deg for rotation) was used as the threshold. In addition,
implants with translation more than 0.15 mm within two years was considered to have higher risk
of loosening according to a previous literature [31]. Therefore, 0.15 mm was used as an additional
threshold for the intra-rater variability considering the ability of mbRSA-EGS to predict the loosening
of the femoral stem. The significance level of 0.05 was considered in all the tests mentioned above.
All statistical analyses were performed by R (R Foundation, Vienna, Austria) [32].

Figure 3. The flow diagram showing details of the study design. Each RSA follow-up was analyzed by
3 raters with both methods and repeated 3 times.

3. Results

The migration results of each of three raters showed similar migration patterns for the investigated
femoral stem. On the cranial-caudal translation, the femoral stem showed a clear trend of subsidence
within the first two years post-operation (mean migration: 0.05 mm/year), and then become stabilized
from the second year to the 10th year (mean migration: 3.28 × 10−5 mm/year).

All migration measurements of mbRSA-EGS showed significant rater equivalence (all six
measurements have left-sided confidence interval greater than 0.445). For marker-based RSA, four of
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all six measurements were found to have rater equivalence with three of them showing significant
equivalence (Table 1). None of the measurements had significant inequivalence (with right-sided
confidence interval lower than 0.445).

Table 1. Rater equivalence estimated by CIA and its left sided 95% confidence interval.

Translation Rotation

m.l.1 c.c.2 a.p.3 m.l.1 c.c.2 a.p.3

RSA-marker 4 0.42 (> 0.27) 0.58 (> 0.44) 0.81 (> 0.72) 0.80 (> 0.70) 0.83 (> 0.75) 0.37 (> 0.22)
mbRSA-EGS 0.71 (> 0.55) 0.64 (> 0.48) 0.77 (> 0.69) 0.76 (> 0.69) 0.81 (> 0.74) 0.65 (> 0.52)

1 Medial-Lateral; 2 Cranial-Caudal; 3 Anterior-Posterior; 4 Marker-based RSA.

Better intra-rater reliability was found in all in-plane measurements, 15 measurements had ICC
within the range of 0.75 to 1.00 (“excellent”), and the other three measurements were within the
range of 0.60 to 0.75 (“good”) (Table 2). In contrast, in all out-of-plane measurements, the worst
ICC value was found in the cranial-caudal rotation measurements with mbRSA-EGS (from 0.11
to 0.30, “poorly”). Furthermore the other out-of-plane measurements showed slightly worse ICC
than the in-plane measurements, five measurements within the range of 0.75 to 1.00 (“excellent”),
three measurements within the range of 0.60 to 0.75 (“good”), three measurements within the range of
0.4 to 0.59 (“acceptable”), one measurement showed “poorly” result.

Table 2. Intra-rater reliability estimated by ICC.

Translation Rotation

m.l.1 c.c2 a.p.3 m.l.1 c.c.2 a.p.3

RSA-marker 4
Rater 1 0.93 0.90 0.75 0.79 0.63 0.92
Rater 2 0.91 0.83 0.76 0.86 0.50 0.90
Rater 3 0.90 0.88 0.68 0.83 0.47 0.87

mbRSA-EGS
Rater 1 0.83 0.84 0.62 0.64 0.30 0.82
Rater 2 0.77 0.76 0.53 0.59 0.21 0.76
Rater 3 0.65 0.70 0.32 0.51 0.11 0.64

1 Medial-Lateral; 2 Cranial-Caudal; 3 Anterior-Posterior; 4 Marker-based RSA; “poorly” reliability (ICC < 0.40)
was marked in bold.

Both RSA methods showed lower intra-rater variability of the in-plane measurements (translation:
0.07–0.15 mm, rotation: 0.07–0.18 deg). Compared with marker-based RSA, the intra-rater variability
of mbRSA-EGS were significantly increased (with all measurements had p < 0.05). However,
compared with the upper limits of RSA accuracy, intra-rater variability of all in-plane measurements
were significantly below the upper limits (0.5 mm, 1.15 deg). A total of five out of all six in-plane
translation measurements of mbRSA-EGS showed significantly lower intra-rater variability than the
threshold of 0.15 mm (Table 3).

Table 3. Intra-rater variability estimated by root of WMS.

Translation (mm) Rotation (deg)

m.l.1 c.c.2 a.p.3 m.l.1 c.c.2 a.p.3

RSA-marker 4
Rater 1 0.07 *† 0.07 *† 0.15 * 0.19 * 0.50 * 0.07 *
Rater 2 0.08 *† 0.09 *† 0.15 * 0.15 * 0.65 * 0.08 *
Rater 3 0.09 *† 0.07 *† 0.18 * 0.17 * 0.69 * 0.09 *

mbRSA-EGS
Rater 1 0.09 *† 0.09 *† 0.17 * 0.28 * 0.99 * 0.11 *
Rater 2 0.11 *† 0.11 *† 0.21 * 0.31 * 1.27 0.14 *
Rater 3 0.15 * 0.13 *† 0.32 * 0.37 * 1.81 0.18 *

1 Medial-Lateral; 2 Cranial-Caudal; 3 Anterior-Posterior; 4 Marker-based RSA; * Significantly less than 0.5 mm or
1.15 deg (p < 0.05); † Significantly less than 0.15 mm (p < 0.05).
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For the out-of-plane measurements, the largest intra-rater variability was found in the
cranial-caudal rotation measurements (0.99–1.81 deg) (Table 3). This large intra-rater variability
of mbRSA even leads to clear deviations of the mean cranial-caudal rotation results between raters
when compared with marker-based RSA (Figure 4). Furthermore, rater 3 was found to have larger
intra-rater variability (0.181 deg) on this rotation measurement compared with other two raters (0.99 and
1.27 deg) (Figure 4b).

 
Figure 4. Mean cranial-caudal rotations of femoral stem along follow-up time analyzed by 3 raters with
marker-based RSA (A) and mbRSA-EGS (B). Intra-rater variability was presented as the shaded area.

4. Discussion

Reliability of marker-based RSA and mbRSA EGS approaches and their application in the
irregular-shaped femoral stem was assessed for the first time from clinical data. Results of the analyses
are very encouraging, suggesting that RSA can deliver reliable and valid migration data, as confirmed
within a clinical setting.

Results revealed that both marker-based RSA and mbRSA-EGS have acceptable rater equivalence
for the migration measurement of the anatomically designed femoral stem (Table 1). Therefore,
according to the definition of CIA, the measurements between different raters can be regarded as
the repeated measurements of the same rater. Thus, the intra-rater reliability was further explored.
For in-plane migration measurements, mbRSA-EGS showed as good an intra-rater reliability as the
gold standard marker-based RSA, with 66.7% of the measurements having “excellent” reliability and
33.3% of the measurements having “good” reliability (Table 2). The intra-rater variability of in-plane
migration of mbRSA-EGS (<0.15 mm, <0.18 deg) was much lower compared with the upper-limits of
RSA accuracy (0.5 mm, 1.15 deg) (Table 3).

So far, research question (i) can be answered: the rater reliability of in-plane migration
measurements by applying EGS model can be accepted. Moreover, the in-plane translation,
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subsidence of stem, has certain clinical value in predicting future aseptic loosening [29,33].
Systematic reviews and meta-analyses showed that femoral stem subsidence was associated with long
term aseptic loosening [31]. Additionally, the results of the investigated THA design proved that the
intra-rater variability of this in-plane translation measurement was significantly less than 0.15 mm
(the threshold of risk implants of loosening), which means that the EGS model also has a considerable
application value for predicting loosening. However, it is known that the accuracy and precision of
mbRSA method in general are prosthesis design-dependent. Conclusions cannot be generally applied
to each investigated THA system [18].

However, the intra-rater reliability of out-of-plane migration measurements were worse than
the in-plane migration, especially in cranial-caudal rotation measurements (“poorly” reliability).
The intra-rater variability of cranial-caudal rotation measurements also exceeded 1.15 deg (Table 3).
One of the reasons for this large variance was considered as the limitation of its working principle
using pose-estimation technique. It was demonstrated that mbRSA using CAD or RE performed less
accurately than marker-based RSA on the cranial-caudal rotational measurements of femoral stem
implant [14]. The implant projection contour did not change much with a slight rotation around this
longitudinal axis, which provided too little information for migration measurement.

Until now, research question (ii) can be answered: the rater reliability of out-of-plane migration
measurement (cranial-caudal rotation) by applying EGS model were harmed. The mismatch of EGS
model and actual stem shape also played an important role on the poor reliability of this rotation
measurement [16]. During the analyses, raters found that the distal part of this anatomically shaped
stem was the most difficult part to determine. Rater 1 and 2 tended to choose a longer contour of the
distal stem, while rater 3 chose a shorter contour. As the selection of shorter contour may provide less
information about the stem axis, it led to a larger intra-rater variability as well as worse ICC of rater 3
(Figure 4), especially in the cranial-caudal rotation measurement. However, it is worth noting that the
rater’s choice of contour length (rater 1 ≥ rater 2 > rater 3) is not consistent with their experience of
RSA analysis (rater 1 ≈ rater 3 > rater 2), as the results supported that the choice of contour length was
associated with the reliability of out-of-plane migration measurement. It is recommended to clearly
define the standard operating protocol for mbRSA-EGS with the region of interest (length and position)
for establishing a standardized template for the contour cone segment to represent the femoral stem
component. Considering that two of the three virtual markers in the EGS model depended on the
position of the stem central axis, the results presupposed that the irregular-shape of investigated stems
would have an impact on the reliability of mbRSA-EGS. On the other hand, these results supported
that choosing a longer stem contour could help to improve the reliability harmed by the mismatch
of EGS model and actual irregular stem shape of the investigated stem. Additionally, this situation
can be improved when applied to stem implants which has the shape matched with available EGS
models (likewise cones or cylinders). A study showed better measurement precision of mbRSA-EGS
on an hip stem with a strictly conical shaped stem (precision on cranial-caudal rotation measurement:
0.614 deg) [13]. For other irregular stem designs, it could be recommended to do a proof of concept
study in advance of the clinical application of mbRSA-EGS for these designs.

Therefore, these results showed that the user interaction can affect the reliability of some migration
measurements, especially the choice of stem contour length when using EGS stem model. In general,
the reliability of mbRSA-EGS is more sensitive to user interaction compared with marker-based RSA,
which should be carefully considered before applying to clinical implant migration measurements.
If considering measuring the out-of-plane migration of irregular-shaped stem with mbRSA-EGS, it is
better to validate the measurement accuracy by in vitro experiments, double examination in advance,
or choosing other validated methods as marker-based RSA or RSA using CAD/RE models. In addition,
as the EGS stem model considers the head-stem as a rigid body compared with the CAD/RE model
that considers the stem only, it can violate the definition of a rigid body when head-taper motion exists
in the actual clinical situation, and consequently may cause deviations in translation measurements.
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Additional attention should be paid to possible head-taper motion when applying the EGS stem
model [17].

A uniplanar RSA set up was used. This presents the common set up for hip implant migration
measurement [34–36]. The results of this study showed the reliability of out-of-plane migration
measurements was inferior to in-plane migration measurements, which can be a common limitation of
the uniplanar calibration set up [14]. However, the bi-planar set up overcomes this limitation but is
rarely used for hip implant migration measurement due to its set up design. Knee and ankle implant
migration measurements were much more common with the bi-planar set up [37,38].

The RSA method is in the discussion and gets an increasing importance in the approval and
pre-clinical testing process of new orthopaedic implants. Pre-clinical testing is essential to assess
the safety and efficacy of new implant designs, coatings, materials, etc., not only for implants in the
orthopedic area but also within dentistry [39]. However, sometimes pre-clinical testing results do not
correlate with the clinical results and observations (meaning laboratory environment versus real life
application). Because of its high accuracy and precision, only small patient cohorts are necessary to
investigate the effect of changes in implant design, new bone cements, or additional implant coating on
the implant fixation [12,40]. Recently, the importance of RSA to become a tool for the pre-clinical testing
and a stepwise introduction of new orthopaedic implant designs has been increasingly valued [40–42].
Therefore, it is necessary to validate the reliability of RSA methods.

Classical marker-based RSA or mbRSA approach offers the opportunities: to measure in vivo
implant fixation [43,44], to investigate, e.g., new THA design or coatings, degenerative changes [45–47],
joint kinematics [48] and pathomechanism [49], and bony fusion [50]. Additionally, it offers the
opportunity to investigate the effect of joint material connection within total joint arthroplasty,
likewise the head-taper junction [17]. The application of mbRSA eliminates the additional costs and
corresponding risks caused by additional markers on the implant. The CAD/RE model can match the
actual shape of implant precisely and has been proven to be as accurate as marker-based RSA [14,20].
But there are certain difficulties in obtaining CAD models. The implant manufacturer is often reluctant
to share their CAD models (representing sensitive construction data files) for some commercial reasons.
RE model is more convenient to be obtained compared with CAD model. However, when applying RE
models to a large number of implants with different sizes or variants (which is a common situation in
clinical studies), it can result in a considerable expense. EGS model is a potential alternative when
CAD/RE model is not available [51].

5. Conclusions

The in-plane migration of the investigated anatomically shaped femoral stem can be reliably
measured by mbRSA-EGS. Considering the loosening prediction value of the femoral stem subsidence
(in-plane translation), the EGS model can be used as an alternative option when the CAD/RE model is
not available. Last but not least, EGS model delivers a lower-cost alternative compared to CAD/RE
model. However, it is worth noting that the mismatch between EGS model and the actual stem
shape may significantly affect the reliability of out-of-plane migration measurement, the cranial-caudal
rotation. The CAD/RE model presenting a better choice when the out-of-plane migration has greater
research significance.
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Featured Application: Surgeons performing total hip replacements should know that they have

a direct influence on leg alignment and knee adduction moments by implanting a new joint.

Abstract: The present study considered the entire leg alignment and links static parameters to
the external joint moments during gait in patients with hip osteoarthritis. Eighteen patients with
unilateral hip osteoarthritis were measured using the EOS® system. Clinical leg alignment and
femoral parameters were extracted from the 3D reconstruction of the EOS images. A 3D gait analysis
was performed and external knee and hip adduction moments were computed and compared to
18 healthy controls in the same age group. The knee adduction moments of the involved leg were
strongly correlated to the femoral offset and the varus/valgus alignment. These parameters alone
explained over 50% of the variance in the knee adduction moments. Adding the pelvic drop of the
contralateral side increased the model of femoral offset and varus/valgus alignment and explained
78% of the knee adduction moment during the first half of the stance phase. The hip adduction
moments were best associated with the hip kinematics and not the leg alignment.

Keywords: leg alignment; unilateral hip osteoarthritis; gait analysis; joint loading; external joint moments

1. Introduction

Hip osteoarthritis (OA) is a frequent musculoskeletal degenerative disease [1], initially causing
pain during movement, which then progresses on to also include pain at rest. While the mechanism of
the development of hip OA is not fully understood, some studies claim that anatomical deviations,
especially of the acetabulum and the geometric relation between the head and the shaft, may play a
role in the initiation and the course of hip OA [2,3]. In hip OA patients, Bendaya et al. [4] reported
changes in leg alignment with a significantly higher sacral slope and a higher femoral mechanical angle.
More studies have already reported on the causal relationship between leg alignment and knee OA.
A varus alignment of the knee seems to worsen OA in the medial compartment, whereas a valgus
alignment contributes to the development of lateral knee OA [5,6]. Furthermore, a smaller femoral
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offset (FO) and a larger neck–shaft angle (NSA) have been correlated to the incidence of OA in the
lateral knee compartment [7].

Measurements of clinical leg parameters from radiographic images can be affected by how
the leg is positioned, i.e., horizontal dimensional parameters, such as the femoral offset, are highly
influenced by the rotation of the femur [8]. These measurement errors can be minimized by using 3D
EOS® technology [9]. An important benefit of EOS is that images are captured with patients in an
upright standing position, unlike in conventional hip X-rays, where patients are supine. This upright
standing position allows for a more accurate recording of the patient’s functional weight-bearing
leg alignment [10]. Furthermore, EOS images provide information on the whole leg, not just a
pelvic overview, and the patient is exposed to a lower radiation dose than with a conventional
X-ray [11,12]. Hence, it is possible to extract clinical leg parameters that have not been previously
studied in relation to gait.

Hip OA patients usually adjust their gait pattern in order to reduce pain, which leads to altered
joint kinematics and kinetics [13–15]. It has been shown that hip OA patients show a significantly
lower knee adduction moment (KAM) on the involved side compared to healthy subjects [14] and
compared to their non-involved side [14,15]. It is suggested that a reduced KAM shifts the knee joint
load from the medial to the lateral compartment [14,16], which supports the finding that lateral knee
OA is often associated with hip OA [17]. Beyond the lower frontal knee moments, lower hip adduction
moments (HAMs) on the involved side were also shown in unilateral hip OA patients [14,18].

Joint kinematics have a direct influence on the joint load. This has not only been shown in various
simulation studies [19,20] but also in multiple studies in hip OA patients [14,21]. Patients walking
with less hip adduction showed a reduced HAM [21]. Regarding the KAM, it was found that patients
walking with a reduced knee flexion–extension and a greater foot progression angle (FPA) had a
smaller KAM [14]. Schmidt et al. [14] found that the knee range of motion (RoM) in the sagittal plane
and the FPA explained 39% of the KAM alterations of the involved limb during the second half of
the stance phase.

Another aspect that can directly influence the external joint moments during gait is leg
morphology. Leg alignment has previously been presented as a key factor in the load distribution
of the knee. Hurwitz et al. [22] pointed out that the mechanical axis (varus/valgus configuration,
calculated via the hip, knee, and ankle joints) is the best single predictor for alterations in the KAM.
The abovementioned results point toward an influence of leg alignment on the joint load distribution
of the knee and likely also of the hip. The question of whether leg alignment and femoral parameters
explain the pathological joint adduction moments in unilateral hip OA patients has not been
answered yet.

How clinical leg parameters (leg alignment and femoral parameters) impact the external knee and
hip adduction moments in patients with unilateral hip OA was the subject of this research. The goal
of this study was (1) to test whether there were differences in clinical leg parameters measured with
the EOS system between the involved and non-involved side of unilateral hip OA patients and a
healthy control group, (2) to confirm that patients with unilateral hip OA showed a deviating gait
pattern to healthy controls walking at a similar walking speed, (3) to test whether the clinical leg
parameters measured using the EOS system correlated with external joint moment alterations during
gait in unilateral hip OA patients, and finally, (4) to test whether the external joint moment alterations
were best associated to a combination of clinical leg parameters and gait kinematics.

2. Materials and Methods

This study was registered under the number DRKS00015053 with the German Clinical Trials
Register (DRKS).
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2.1. Patients

Eighteen patients (9 male, 9 female) with unilateral hip OA and planned for total hip replacement
(THR) entered the study (Table 1). The standard exclusion criteria for measuring preoperative hip
OA patients, published previously [14,23], were applied.

Table 1. Anthropometric data and walking speed.

Parameter
Patients
(n = 17)

Healthy
Controls Gait

(n = 18)

p-Values
Patients vs.

Healthy
Controls Gait

Healthy Controls Leg
Alignment (n = 53)

p-Values
Patients vs.

Healthy Controls
Leg Alignment

Age (years) 60.5 (9.9) 60.4 (8.0) 0.963 41.8 (8.2) <0.001
Height (m) 1.72 (0.09) 1.73 (0.09) 0.684 1.69 (0.10) 0.302
Weight (kg) 83.3 (15.9) 72.0 (13.9) 0.032 74.3 (13.7) 0.028

BMI (kg/m2) 28.1 (4.9) 23.9 (3.2) 0.004 25.9 (3.5) 0.047

Speed (m/s) 1.06 (0.17) 0.97 (0.07) 0.054 - -
Gender (M/F) 9/8 11/7 0.625 26/27 0.780

Values are represented as mean value (standard deviation). Significant differences are highlighted in bold.
Abbreviations: BMI—body mass index.

Reference gait data were collected from 18 healthy subjects (11 male, 7 female) with a comparable
age distribution to the patients (Table 1) [14]. All participants gave written informed consent prior
to participation. The protocol was approved by the medical ethics committee of the Department of
Medicine of the Goethe University Frankfurt (reference number 497/15).

Since radiographic measurements of healthy controls are not permitted in our clinic, the clinical
leg parameters were compared to data of 53 asymptomatic healthy adults, collected as part of a large
study in Lebanon [24].

2.2. Radiographic Measurements

Preoperatively, biplane radiographic images were captured in a standing position with the EOS®

system (EOS imaging, SA, Paris, France) for all patients [11,12]. An accurate 3D model of the lower
extremities was reconstructed for each patient from the lateral and anterior images, as described
and validated in previous studies [25]. The 3D model was made using sterEOS® (EOS imaging, SA,
Paris, France) and was then used for planning the prosthesis (hipEOS®, EOS imaging, SA, Paris, France).
From the 3D reconstruction, five clinical leg parameters, which were described in detail elsewhere [25,26],
were considered to assess the leg alignment (Figure 1).

• Hip–knee–shaft angle (HKS): This was measured on the frontal plane, considering the femoral
mechanical axis (which connects the centers of the femoral head and the trochlea) and the femoral
anatomical axis (axis from the center of the trochlea to the center of the distal diaphysis of
the femur).

• Femoral offset (FO): The distance defined by the center of the femoral head and the orthogonal
projection of this point on the femoral anatomical axis.

• Neck–shaft angle (NSA): The angle measured between the axis going from the center of the femoral
head through the femoral neck and the line drawn down the center of the femur’s diaphysis.

• Hip–knee angle (HKA): The angle in the frontal femoral plane between the mechanical axes of the
femur and the tibia (the line from the center of the tibial plateau to the center of the distal articular
surface of the tibia). Valgus > 180◦, varus < 180◦.

• Femoral mechanical angle (FMA): The angle that is defined in the frontal plane between the
femoral mechanical axis and the line through the medial and lateral condyles (the two most
distal points).
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Figure 1. Clinical leg parameters overlaid on the frontal EOS image.
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2.3. Gait Analysis

Patients walked barefoot at a self-selected speed in the gait laboratory. Kinematic data (8 MX T10 cameras,
VICON Motion Systems, Oxford, UK) were collected synchronously to kinetic data (two OR-6-7-2000
force plates, Advanced Mechanical Technology, Inc., Watertown, MA, USA). Markers were placed
on anatomical landmarks according to a modified version of the Plug-in-Gait model to improve the
reliability and accuracy of the gait data in the frontal plane [27]. Of all the obtained trials, those in
which one foot was completely on the force plate and no markers were missing were classified as good.
Five good trials for each subject were selected for further processing. Control subjects walked at their
own speed and at a slow walking speed (≈1.0 m/s) which was similar to patients’ walking speed
shortly before surgery [14]. Since no significant differences were detected between the left and right
sides in the control subjects, the left side was chosen for further analysis and for comparison with the
involved and non-involved sides of the patient group.

Kinematic and kinetic gait variables were calculated using the inverse dynamics equations [28] in
Vicon Nexus (version 2.5, VICON Motion Systems, Oxford, UK). In these equations, the hip joint center
was obtained according to a geometrical prediction method [28] and the external joint moments are
calculated from the force plate data and the mathematically derived joint centers. Kinematic and kinetic
data were exported to Matlab (version R2018b, The Mathworks Inc., Natick, MA, USA) to normalize
the data over the gait cycle. The peak external knee and hip adduction moment during the first (KAM1
and HAM1) and second (KAM2 and HAM2) half of the stance phase were computed for each trial
(normalized to body weight and expressed in newton meters per kilogram) and averaged over the trials.
As has been published previously [26], kinematic parameters during the stance phase of gait were also
extracted (a) for the hip: the maximum adduction angle in the frontal plane, the maximum flexion and
extension angle, and the hip RoM in the sagittal plane; (b) for the knee: the maximum flexion and
extension angle, as well as the RoM in the sagittal plane (the difference between the maximum flexion
in the first half and the maximum extension during the second half of the stance phase); (c) for the
trunk: maximum sideward displacement (LTD—lateral displacement of the trunk relative to the
supporting limb); (d) for the foot: mean progression angle in the transverse plane (FPA—the angle of
the long axis of the foot segment relative to the direction of walking). Furthermore, the pelvic drop
of the contralateral leg during the swing phase was determined. The gait speed was defined as the
average value over the included trials.

2.4. Statistical Analysis

Statistical analyses were performed using SPSS Statistics (IBM SPSS Statistics for Windows,
version 26, IBM Corp., Armonk, NY, USA). Anthropometrics were normally distributed, as confirmed
by Shapiro–Wilk tests; therefore, differences in anthropometrics between patients and healthy controls
were investigated with independent sample Students’ t-tests. The comparison of the gender distribution
over the two groups was studied using a chi-squared test.

The clinical leg alignment parameters of the patients were normally distributed; however, the FO,
FMA, and HKS of the healthy controls were not normally distributed, and as such, Wilcoxon signed
ranks test (involved vs. non-involved leg) and Mann–Whitney tests (involved/non-involved leg vs.
healthy controls) were used to test for differences.

All kinetic and kinematic gait parameters, except the FPA of the involved side, were normally distributed;
therefore, paired sample Students’ t-tests were used to test for differences between the involved and
non-involved sides for all parameters, except for the FPA, which was analyzed using Wilcoxon
signed-rank tests. The involved/non-involved legs were tested against the healthy controls using
Mann–Whitney tests for the FPA and using independent sample Students’ t-tests for all other parameters.

For the involved and non-involved legs, Pearson’s correlation coefficients were calculated between
the external knee and hip moments in the frontal plane (adduction moments) and the calculated leg
parameters/gait kinematics, as well as among the clinical leg parameters themselves. Multiple regression
analysis was performed afterward with the parameters, which correlated significantly with the external
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joint adduction moments. Leg alignment parameters that showed too strong of a correlation (R > 0.7)
between each other were excluded from the stepwise regression.

The effect size Cohen’s d [29] was calculated (G*Power, version 3.1.9.2, Faul et al., University Kiel,
Germany) [30] and p-values ≤ 0.05 were considered significant for all analyses.

3. Results

The data of 17 patients were included in the analysis as one patient had trouble walking without
walking aids and walked at half the speed of the other patients. The subject characteristics and gait
speed of all participants are displayed in Table 1. The patients had a significantly higher body mass
and body mass index (BMI) in comparison to the healthy controls. The individuals of the healthy
control group regarding the leg alignment were significantly younger and had a lower body mass
and BMI than the patients. All patients had hip osteoarthritis of at least 2 on the Kellgren–Lawrence
scale [31] and all patients expressed pain.

As shown in Table 2, no differences could be found between the involved and non-involved sides
for all clinical leg alignment parameters. Only the FMA was significantly larger in the healthy control
group compared to the patients’ involved side (p = 0.046).

Table 2. Clinical leg parameters for the involved and non-involved sides, as well as for healthy controls.

Parameter Involved Side Non-Involved Side
Healthy Controls
Leg Alignment

p-Values
Involved vs.

Non-Involved

p-Values
Involved vs.

HealthyControls

p-Values
Non-Involvedvs.
HealthyControls

HKS (◦) 4.67
(3.99–5.95)

4.75
(4.03–5.69)

4.63
(4.01–5.17) 0.943 0.326 0.505

FO (mm) 41.24
(34.70–46.94)

41.26
(37.37–48.18)

39.97
(35.42–43.01) 0.407 0.272 0.095

NSA (◦) 127.12
(119.98–132.49)

125.66
(122.24–130.40)

127.83
(124.97–130.54) 0.906 0.660 0.162

HKA (◦) 178.30
(177.18–181.55)

178.60
(175.99–181.59)

178.92
(177.22–181.12) 0.435 0.815 0.613

FMA (◦) 91.49
(91.13–92.80)

92.18
(90.17–93.58)

92.66
(91.54–94.12) 0.356 0.046 0.218

Values are represented as median values with the 25th and 75th percentiles. The significant difference is highlighted
in bold. Abbreviations: HKS—hip–knee–shaft angle; FO—femoral offset; NSA—neck–shaft angle; HKA—hip–knee angle;
FMA—femoral mechanical angle.

For KAM1, no significant differences between the involved side/non-involved side and healthy
control data could be observed. KAM2 of the involved side was significantly smaller compared to
the non-involved side (0.30 vs. 0.40 Nm/kg, p = 0.011, d = 0.68) and compared to the healthy controls
(0.30 vs. 0.45 Nm/kg, p = 0.004, d = 1.07), as can be seen in Table 3. For the hip, only differences between
the non-involved side and healthy controls were found: HAM1 (0.99 vs. 0.80 Nm/kg, p = 0.014, d = 0.90)
and HAM2 (0.94 vs. 0.75 Nm/kg, p = 0.017, d = 0.95) of the non-involved leg were significantly higher.

For the kinematics, significant differences were found between the involved and non-involved
legs for the maximum knee flexion, maximum knee extension, knee RoM, LTD, maximum hip flexion,
maximum hip extension, and hip RoM (Table 3). Differences in the maximum knee extension, knee RoM,
LTD, hip extension, hip RoM, and the pelvic drop in the swing phase were found between the involved
leg and the healthy control group (Table 3). The comparison between the non-involved leg and the
healthy controls only showed significant differences in the knee RoM, hip flexion, and hip RoM.

For the involved side, significant correlations between leg alignment parameters were found
(Table 4). A very strong (inverse) correlation was detected between the FO and the NSA (R = −0.895,
p < 0.001), where a larger FO resulted in a narrower NSA. The HKA showed a positive correlation with
both the NSA and the FMA, meaning that when the HKA appeared to be larger (more valgus alignment),
the NSA and the FMA were larger as well, and vice versa. Furthermore, the HKA showed an inverse
correlation to the FO, which means that with a smaller HKA (more varus alignment), the FO was larger,
and vice versa. For the non-involved side, similar correlations were found for the involved side (Table 5).
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Table 3. Kinetics and kinematics during the stance phase of gait for both the involved and non-involved
sides and for healthy controls.

Parameter
Involved

Side
Non-Involved

Side

Healthy
Controls

Gait

p-Values
Involved
vs. Non-
Involved

p-Values
Involved

vs. Healthy
Controls

p-Values
Non-Involved

vs. Healthy
Controls

Kinetics

KAM1 (Nm/kg) 0.41 (0.17) 0.45 (0.14) 0.46 (0.15) 0.313 0.361 0.908
KAM2 (Nm/kg) 0.30 (0.14) 0.40 (0.12) 0.45 (0.14) 0.011 0.004 0.329
HAM1 (Nm/kg) 0.93 (0.22) 0.99 (0.26) 0.80 (0.16) 0.286 0.051 0.014
HAM2 (Nm/kg) 0.85 (0.22) 0.94 (0.26) 0.75 (0.14) 0.079 0.137 0.017

Kinematics

FPA (◦) −7.7
(−11.2 to −4.2)

−7.7
(−10.8 to −4.4)

−7.2
(−9.9 to −3.4) 0.586 0.757 0.807

Knee_Flex (◦) 16.1 (5.6) 20.8 (6.6) 16.2 (3.4) 0.005 0.909 0.017
Knee_Ext (◦) 9.0 (6.6) 3.8 (5.2) 3.9 (3.4) <0.001 0.008 0.954

Knee_RoM (◦) 7.0 (4.5) 17.0 (5.3) 12.4 (4.3) <0.001 <0.001 0.007
LTD (◦) −3.7 (2.4) −1.3 (2.8) −1.1 (2.1) 0.050 0.002 0.806

Hip_Add1 (◦) 7.7 (4.5) 6.0 (5.8) 5.7 (4.9) 0.297 0.224 0.873
Hip_Add2 (◦) 6.2 (4.3) 5.2 (4.6) 3.8 (4.5) 0.469 0.106 0.346
Hip_Flex (◦) 28.6 (8.7) 36.5 (10.6) 30.1 (5.2) <0.001 0.533 0.036
Hip_Ext (◦) 2.0 (13.2) −11.2 (9.5) −9.2 (7.0) <0.001 0.005 0.485

Hip_RoM (◦) 26.6 (8.1) 47.7 (6.8) 39.3 (3.7) <0.001 <0.001 <0.001
Pelvic_Drop (◦) −1.1 (2.7) −2.6 (2.3) −3.8 (1.7) 0.212 0.002 0.074

Values are represented as mean value (standard deviation), except for FPA, where the median and the 25th
and 75th percentiles are displayed. Significant differences are highlighted in bold. Abbreviations: maximum
external adduction moment for the knee and hip in the first half of the stance phase (KAM1, HAM1) and the
second half of the stance phase (KAM2, HAM2); FPA—mean foot progression angle (external rotation as negative);
Knee_Flex—maximum knee flexion (flexion as positive); Knee_Ext—maximum knee extension (extension as
negative); Knee_RoM—knee range of motion in the sagittal plane; LTD—maximum lateral trunk displacement
in the frontal plane (toward the stance limb as negative); maximum hip adduction during first (Hip_Add1) and
second (Hip_Add2) halves of the stance phase (adduction as positive); Hip_Flex—maximum hip flexion (flexion
as positive); Hip_Ext—maximum hip extension (extension as negative); Hip_RoM—hip range of motion in the
sagittal plane; Pelvic_Drop—minimal pelvic obliquity in the frontal plane (swing phase of the contralateral leg and
increased pelvic drop as negative).

Table 4. Correlations between the joint adduction moments, joint kinematics, and the clinical leg
parameters for the involved leg.

KAM1 KAM2 HAM1 HAM2 FO HKA HKS NSA FMA

FO 0.686 ** 0.706 ** 0.270 0.253 1.000 −0.512 * 0.457 −0.895 *** −0.345
HKA −0.676 ** −0.480 −0.376 −0.070 −0.512 * 1.000 −0.384 0.532 * 0.594 *
HKS 0.407 0.345 0.201 0.157 0.457 −0.384 1.000 −0.386 −0.780 ***
NSA −0.626 ** −0.535 * −0.205 −0.198 −0.895 *** 0.532 * −0.386 1.000 0.285
FMA −0.477 −0.353 −0.445 −0.227 −0.345 0.594 * −0.780 *** 0.285 1.000
FPA −0.273 −0.085 −0.205 −0.090 −0.077 0.424 0.347 0.191 −0.029

Knee_Flex −0.019 0.047 −0.354 −0.407 0.001 −0.265 0.250 0.016 −0.182
Knee_Ext −0.081 −0.043 −0.396 −0.558 * 0.073 −0.301 0.164 −0.093 −0.164

Knee_RoM 0.095 0.121 0.137 0.307 −0.104 0.110 0.072 0.156 0.013
LTD 0.264 0.243 −0.007 −0.219 0.200 −0.335 0.131 0.049 −0.248

Hip_Add1 0.060 0.044 0.761 *** 0.687 ** −0.095 −0.072 0.050 0.112 −0.087
Hip_Add2 0.163 0.180 0.759 *** 0.732 *** 0.051 −0.095 0.085 −0.056 −0.085
Hip_Flex 0.105 0.106 −0.355 −0.446 0.251 −0.601 * 0.178 −0.329 −0.266
Hip_Ext 0.175 0.139 −0.287 −0.408 0.424 −0.492 * 0.166 −0.493 * −0.242

Hip_RoM −0.172 −0.113 0.086 0.186 −0.421 0.156 −0.080 0.451 0.109
Pelvic_Drop −0.621 ** −0.461 −0.552 * −0.425 −0.164 0.406 −0.095 0.181 0.062

Significant correlations are highlighted in bold: * p ≤ 0.05, ** p ≤ 0.01, *** p ≤ 0.001. Abbreviations: maximum
external adduction moment for knee and hip in the first half of the stance phase (KAM1, HAM1) and the second
half of the stance phase (KAM2, HAM2); FO—femoral offset; HKA—hip–knee angle; HKS—hip–knee–shaft angle;
NSA—neck–shaft angle; FPA—mean foot progression angle (external rotation as negative); Knee_Flex—maximum
knee flexion (flexion as positive); Knee_Ext—maximum knee extension (extension as negative); Knee_RoM—knee
range of motion in the sagittal plane; LTD—maximum lateral trunk displacement in the frontal plane (toward the
stance limb as negative); maximum hip adduction during first (Hip_Add1) and second (Hip_Add2) halves of the
stance phase (adduction as positive); Hip_Flex—maximum hip flexion (flexion as positive); Hip_Ext—maximum
hip extension (extension as negative); Hip_RoM—hip range of motion in the sagittal plane; Pelvic_Drop—minimal
pelvic obliquity in the frontal plane (swing phase of the contralateral leg and increased pelvic drop as negative).
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Table 5. Correlations between the joint adduction moments, joint kinematics, and the clinical leg
parameters for the non-involved leg.

KAM1 KAM2 HAM1 HAM2 FO HKA HKS NSA FMA

FO 0.180 0.214 0.015 0.178 1.000 −0.733 *** 0.397 −0.874 *** −0.340
HKA −0.313 −0.323 0.303 0.276 −0.733 *** 1.000 −0.315 0.833 *** 0.435
HKS 0.542 * 0.433 0.182 0.064 0.397 −0.315 1.000 −0.388 −0.758 ***
NSA −0.280 −0.282 0.120 0.004 −0.874 *** 0.833 *** −0.388 1.000 0.394
FMA −0.775 *** −0.518 * −0.109 0.059 −0.340 0.435 −0.758 *** 0.394 1.000
FPA 0.278 −0.027 0.375 0.238 −0.228 0.453 0.282 0.304 −0.222

Knee_Flex 0.177 0.051 −0.061 −0.149 0.253 −0.167 0.322 −0.384 −0.134
Knee_Ext 0.083 −0.290 −0.305 −0.207 0.332 −0.269 0.182 −0.378 −0.270

Knee_RoM 0.139 0.348 0.222 0.018 −0.011 0.056 0.222 −0.107 0.098
LTD 0.262 0.133 0.056 −0.117 −0.298 0.084 0.070 0.212 −0.392

Hip_Add1 −0.139 −0.165 0.779 *** 0.686 ** −0.321 0.677 ** 0.070 0.556 * 0.091
Hip_Add2 −0.083 −0.128 0.790 *** 0.784 *** −0.199 0.641 ** 0.144 0.448 −0.010
Hip_Flex 0.299 0.149 −0.385 −0.392 0.676 ** −0.880 *** 0.371 −0.826 *** −0.481 *
Hip_Ext 0.190 0.022 −0.360 −0.367 0.432 −0.687 ** 0.173 −0.458 −0.415

Hip_RoM 0.203 0.203 −0.100 −0.101 0.457 −0.419 0.341 −0.655 ** −0.174
Pelvic_Drop −0.181 −0.093 −0.175 0.031 0.452 −0.432 −0.136 −0.632 ** 0.111

Significant correlations are highlighted in bold: * p ≤ 0.05, ** p ≤ 0.01, *** p ≤ 0.001. Abbreviations: maximum
external adduction moment for knee and hip in the first half of the stance phase (KAM1, HAM1) and the second
half of the stance phase (KAM2, HAM2); FO—femoral offset; HKA—hip−knee angle; HKS—hip−knee−shaft angle;
NSA—neck−shaft angle; FPA—mean foot progression angle (external rotation as negative); Knee_Flex—maximum
knee flexion (flexion as positive); Knee_Ext—maximum knee extension (extension as negative); Knee_RoM—knee
range of motion in the sagittal plane; LTD—maximum lateral trunk displacement in the frontal plane (toward the
stance limb as negative); maximum hip adduction during first (Hip_Add1) and second (Hip_Add2) halves of the
stance phase (adduction as positive); Hip_Flex—maximum hip flexion (flexion as positive); Hip_Ext—maximum
hip extension (extension as negative); Hip_RoM—hip range of motion in the sagittal plane; Pelvic_Drop—minimal
pelvic obliquity in the frontal plane (swing phase of the contralateral leg and increased pelvic drop as negative).

The correlations between the clinical leg parameters, the kinematics, and the external joint
adduction moments for the involved and non-involved legs are also shown in Tables 4 and 5. For the
involved side, the parameters FO, HKA, and NSA showed a significant correlation with KAM1,
whereas only the FO and the NSA showed a correlation with KAM2. The FMA and the HKA showed
a trend toward a significant correlation with KAM1 and KAM2, respectively (p < 0.053). For the
non-involved leg, the HKS and the FMA showed significant correlations with KAM1. The FMA also
showed a significant correlation with KAM2 of the non-involved leg. The HKS and the FO showed a
positive correlation to the KAM, which means that with a larger FO and a larger HKS angle, the knee
adduction moment was higher. The NSA, the HKA, and the FMA showed a negative correlation
such that with a smaller NSA, HKA (more varus), and FMA, the knee adduction moment increased,
and vice versa. No correlations between the clinical leg parameters and the HAM were found for the
involved or for the non-involved side.

Furthermore, moderate-to-strong correlations between the hip adduction moments and the
maximum hip adduction angles were found for both the involved and non-involved legs (R values
between 0.686 and 0.790). For the involved leg, moderate correlations were found between KAM1 and
HAM1 and the pelvic drop of the contralateral leg, as well as between the knee extension and HAM2.
For the non-involved leg, no other correlations were found between the kinematics and the kinetics;
however, more significant correlations were found between the kinematic gait parameters and the leg
alignment parameters (Table 5).

For the involved leg, a multiple regression analysis revealed that the FO explained 47% of KAM1
(R2 = 0.471; F = 13.370; p = 0.002; Table 6). Including the HKA significantly improved the model to 61%
(ΔR2 = 0.143, ΔF = 5.194, p = 0.039), whereas the NSA was excluded due to a strong correlation with
the FO. Adding the pelvic drop of the contralateral side improved the model of the FO and the HKA
even more and explained 78% of KAM1 (ΔR2 = 0.162, ΔF = 9.368, p = 0.009; Table 6).
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Table 6. Coefficients of determination (R2 values (%)) for the external joint moments of the involved side
as a function of the single correlating leg alignment or kinematic gait analysis parameters and coefficients
of determination (Rm2 values (%)) fitted as a function of all the significantly contributing parameters.

Parameter
First Coefficient of

Determination
Second Coefficient
of Determination

Third Coefficient of
Determination

Multiple
Regression

KAM1 FO *
R2 = 47.1

HKA *
R2 = 45.7

Pelvic_Drop *
R2 = 38.6 Rm2 = 77.6

KAM2 FO *
R2 = 49.91

HAM1 Hip_Add1 *
R2 = 57.9

Pelvic_Drop
R2 = 30.5

HAM2 Hip_Add2 *
R2 = 53.6

Knee_Ext
R2 = 31.1

* Statistically significant (p ≤ 0.05) contribution that caused Rm2 to change due to the inclusion of the new predictor.
Abbreviations: maximum external adduction moment for the knee and hip in the first half of the stance phase
(KAM1, HAM1) and the second half of the stance phase (KAM2, HAM2); femoral offset (FO); hip−knee angle (HKA);
minimal pelvic obliquity in the frontal plane during the swing phase of the contralateral leg (Pelvic_Drop);
maximum hip adduction during the first (Hip_Add1) and second (Hip_Add2) halves of the stance phase; maximum
knee extension (Knee_Ext).

The FO explained 50% of KAM2 (R2 = 0.499, F = 14.927, p = 0.002). No other parameters were
included as the NSA was again excluded due to a too strong correlation with the FO.

The hip joint moments HAM1 and HAM2 were explained by the maximum hip adduction in the
corresponding phases of the stance phase (HAM1: 58%, R2 = 0.579, F = 20.592, p < 0.001; HAM2: 54%,
R2 = 0.536, F = 17.359, p = 0.001; Table 6). The pelvic drop on the contralateral side did not increase the
model for HAM1 any further (p = 0.498), whereas the knee extension did not increase the model for
HAM2 (p = 0.069).

For the non-involved leg, multiple regression analyses could not be performed because for KAM1,
the HKS (the second parameter with a significant correlation) showed too strong of a correlation with
the FMA (the parameter with the strongest significant correlation).

4. Discussion

In the present study, the aim was to determine whether clinical leg parameters (leg alignment and
femoral parameters) were different in patients with unilateral hip OA and could be correlated to the
altered hip and knee adduction moments. These results could help to better understand the initiation
and progression of hip OA and the initiation of knee OA in hip OA patients.

In the last decade, the EOS system has been proven to be a reliable system for the determination of lower
limb length and angle measurements [25], with lower radiation exposure in a weight-bearing position.
In the present study, except for FMA, no differences were found in leg parameters between the
involved and non-involved legs of hip OA patients and healthy controls. As in the present study,
Bendaya et al. [4] found significant differences in the FMA and other pelvic parameters in OA patients;
however, they could not conclude whether these differences were degenerative over time or were
inherent differences between the individuals, or whether they contributed to the progression of OA.
The orientation of the axis of the femur (FMA) might become important when planning a knee
replacement. Although the risk for contralateral knee OA is higher in patients with a unilateral hip
replacement for end-stage OA, the ipsilateral knee is not spared [32,33]. Than et al. [34] found a
reduced NSA in their hip OA patients compared to the healthy controls and suggested that it might be
due to the younger age of the healthy controls, as the NSA decreased over time. However, our patients
showed a similar NSA to the healthy controls and to the controls of the study of Than, despite the
significant age differences. Another study found similar values for the femoral offset and the HKA,
but a significantly higher NSA in hip OA patients [35]. However, these patients were measured with
standard radiography, whereas the present study used EOS images.

The present study confirmed that patients with unilateral hip OA showed a deviating gait
pattern compared to healthy controls walking at a similar walking speed. Regarding joint loading,
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only KAM2 of the involved side was found to be significantly smaller compared to healthy controls
(approximately 33%) and the non-involved side (25%), as was found by Shakoor et al [36]. A significantly
lower KAM2 indicates a medial-to-lateral shift in the knee load [14,16] and might lead to increased
degenerative cartilage wear. The load in the non-involved hip joint was slightly higher compared to the
involved hip joint, as was found in preoperative hip OA patients [13,14]. Although these differences
were not significant, they might be due to a learned gait pattern to reduce the load on the OA side.
The significant differences compared to the healthy control group confirmed the extra load on the
non-involved side.

The question of whether leg alignment and femoral parameters explain the pathological joint
adduction moments in unilateral hip OA patients has not been answered before. The clinical leg
parameters FO, HKA, NSA, and FMA showed a significant correlation (or a trend toward significance)
with the knee adduction moments. The positive correlation between the KAM and the FO means that a
larger FO implicated a larger KAM, and vice versa. The negative correlation of the KAM with the NSA,
the HKA, and the FMA means that a varus leg (a smaller HKA) led to higher knee adduction moments.
A larger NSA, and therefore a more valgus leg, was associated with a decreased KAM. Indeed,
varus malalignment has been known to be a predictor for the peak knee adduction moments in patients
with knee OA [22], and leg malalignment is thought to be one of the main risk factors contributing to
the progression of knee OA [5]. Weidow et al. [17] showed that the hip and pelvic anatomy had an
influence on the occurrence of medial and lateral knee OA. A decreased NSA, which leads to a more
varus leg, was associated with medial knee OA. These results were supported by the present results,
as a smaller NSA increased the knee adduction moments during gait. The clinical leg parameters
explained 61% of the variance in KAM1 and 50% of the variance of KAM2. For the hip adduction
moments, no correlations were found with the clinical leg parameters. In the previous literature,
the effect of the FO on gait was discussed. A lower FO led to an asymmetrical gait pattern with a
reduction in the knee RoM [37]. Rüdiger et al. [38] showed that with a smaller FO, the abductor muscle
force must increase to preserve a normal gait pattern. These results agree with Mahmood et al. [37],
who reported that a reduction in the offset was related to a reduction in the abductor muscle strength
(moment-generating capacity) of the operated hip. As was found in clinical studies [39,40], the gait
pattern is more influenced by a decrease than by an increase in the FO. The effect of the NSA on the hip
moments has recently been shown in patients after a THR [41].

In this research, we also studied whether the clinical leg parameters in combination with the
gait kinematics were better associated with the pathological hip and knee adduction moments.
Till now, only the gait kinematics have been related to the pathological adduction moments in
unilateral hip OA patients: Schmidt et al. [14] found a significantly more outward rotation of the foot in
their patients, where the FPA, together with the knee RoM, explained 39% of the KAM2 alterations.
In the present study, no correlation between KAM2 and the FPA was found. The severity of OA might
explain the lack of correlation between KAM2 and the FPA. Rutherford et al. [42] found that only
for asymptomatic and mild-to-moderate knee OA patients, the FPA was associated with alterations
in the knee adduction moments. In the present study, all patients were symptomatic and severely
affected. In the present study, a significant reduced knee RoM during gait was found in the involved
limb compared to the non-involved limb and healthy controls. It might be that hip OA patients stiffen
the knee on the involved side and flex the knee more on the non-involved side to compensate for leg
length differences [14,43]; however, an accurate determination of leg length difference was not part of
this study and thus this hypothesis cannot be confirmed.

The gait kinematics showed only a few correlations to the joint adduction moments: the peak
hip adduction corresponded strongly to the HAM in the corresponding part of the stance phase and
explained 58% and 54% of HAM1 and HAM2, respectively. These correlations were shown previously
by Wesseling et al. [20], who showed in a simulation study that increased hip adduction increases
the hip adduction moments, as well as the hip contact forces. An increased contralateral pelvic drop
had a negative impact (it leads to increased adduction moments) on both KAM1 [44] and HAM1 [45].
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The contralateral pelvic drop increased the model for KAM1, and in combination with the FO and
the HKA, it explained 78% of the KAM1 alteration. Although a significant correlation was found
between the contralateral drop and the external knee joint moments, no differences were found between
the patients and healthy controls. Our patients showed a gait pattern with an increased ipsilateral
trunk lean that was associated with a reduced pelvic drop. A gait compensation pattern of a stable or
elevated pelvis, in combination with an increased trunk lean toward the involved side, was shown
by Thurston [46] in individuals with hip OA and by Westhoff et al. [47] in children with Legg Calvé
Perthes disease as a compensating strategy to reduce the hip load. However, an increased contralateral
trunk lean associated with an increased pelvic drop was also shown in individuals with hip OA [46,48];
hence, the presence of these different combined movements may have confounded the correlation
between the single movements and the external hip joint moments. Furthermore, Linley et al. [49]
found that only a thorough biomechanical analysis using a principal component analysis could reveal
differences in the trunk and pelvic leans.

This study represents the first step in a detailed analysis of the influence of leg alignment on joint
adduction moments in unilateral hip OA patients. Nevertheless, our results should be read in light of
some limitations. The small sample size used might have restricted the ability to detect significant
differences between our groups. Due to the low number of cases, we were not able to take gender
into account in our study, as was done by Than et al. [34], who found differences between the sexes
in terms of leg alignment. Furthermore, Foucher et al. [50] and Allison et al. [48] were able to report
higher hip adduction moments in women compared to men with hip OA. The hip and knee adduction
moments are still the gold standards for assessing the load in the frontal plane; however, the joint
contact force, calculated using musculoskeletal modeling, is likely a better indicator of joint load
compared to joint moments. In the present study, only the effects morphology and kinematics have on
joint adduction moments in hip OA patients are discussed. A joint load expressed by joint moments
can also be influenced by the abductor muscle force [50] and leg length differences [51] (due to the
destructive effect of OA on the hip joint); however, including leg length and abductor function were
beyond the scope of the present study. The descriptive models are only valid for the included cohort
of patients. In recognizing our limitations to conclusively discuss causality, we recommend that future
longitudinal studies be designed to test the development of the leg alignment in patients with hip OA
and its effects on hip and knee adduction moments.

5. Conclusions

No differences in the clinical leg parameters between the involved and non-involved legs of hip
OA patients could be detected using the EOS system. This could suggest that in our study collective,
the leg alignment per se was not the crucial factor for the development of hip OA or that the progression
of hip OA did not depend on leg alignment. The last was supported by the present results, as no
correlations between the hip adduction moments and leg alignment were found. The present study
confirmed that patients with unilateral hip OA walked with a deviating gait pattern and showed
lower adduction moments at the involved knee and higher adduction moments at the non-involved
hip joint. The current results also confirmed that the varus alignment of the knee (HKA), as well
as the femoral parameters (especially the FO), had an influence on the knee adduction moments in
unilateral hip OA patients. These two clinical leg parameters explained 61% of the variance in KAM1,
and the FO alone explained 50% of the variance of KAM2. A combination of static alignment and gait
kinematics explained the knee adduction moments during gait even better in unilateral hip OA patients:
adding the pelvic drop of the contralateral side increased the model with the FO and the HKA and
explained 78% of KAM1. The hip adduction moments were best explained by the hip kinematics and
not by the leg alignment.
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Abstract: Background: There are a few biomechanical studies that describe posterior fixation methods
with pedicle screws (PS) and lateral mass screws (LMS); the combination of both screw types and
their effect on an allograft spacer in a surgically treated cervical segment is unknown. Methods:
Finite element model (FEM) analyses were used to investigate the effects of a hybrid technique using
posterior PS and LMS. Stress distribution and subsidence risk from a combination of screws under
hybrid motion control conditions, including flexion, extension, axial rotation, and lateral bending,
were investigated to evaluate the biomechanical characteristics of different six-screw combinations.
Findings: The load sharing on the allograft spacer in flexion mode was highest in the LMS model
(74.6%) and lowest in the PS model (35.1%). The likelihood of subsidence of allograft spacer on C6
was highest in the screws from the distal LMS (type 5) model during flexion and extension (4.902 MPa,
30.1% and 2.189 MPa, 13.4%). In lateral bending, the left unilateral LMS (type 4) model screws on C5
(3.726 MPa, 22.9%) and C6 (2.994 MPa, 18.4%) yielded the greatest subsidence risks, because the lateral
bending forces were supported by the LMS. In counterclockwise axial rotation, the left unilateral
LMS (type 4) model screws on C5 (3.092 MPa, 19.0%) and C6 (3.076 MPa, 18.9%) demonstrated the
highest subsidence risks. Conclusion: The asymmetrical ipsilateral use of LMS and posterior PS in
lateral bending and axial rotation demonstrated the lowest stability and greatest subsidence risk.
We recommend bilateral symmetrical insertion of LMS or posterior PS and posterior PS on distal
vertebrae for increased stability and reduced risk of allograft spacer subsidence.

Keywords: cervical spine surgery; allograft spacer; lateral mass; pedicle screws; finite element model

1. Introduction

Advanced surgical techniques for combined anterior and posterior surgery to treat complex
cervical conditions that are associated with deformity and neurologic deficiencies are increasing [1,2].
To improve biomechanical outcomes, an intraoperative radiologic device such as O-arm could be
used in a hybrid technique with posterior pedicle screws (PS) and lateral mass screws (LMS) [3]. In a
clinical setting, asymmetrical cervical pedicle screw placement is not uncommon and depends on both
the vertebral artery anomaly and the pedicle anatomy [4,5]. Although there are a few biomechanical
studies that describe posterior fixation methods with LMS and posterior PS [6–9], the combination
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of both screw types and their effect on an allograft spacer in a surgically treated cervical segment
is unknown.

Here, we used finite element model (FEM) analyses to investigate the load sharing ratio between
allograft spacers and different posterior fixation method combinations that are known to be closely
associated with the fusion rate. We compared stability by analyzing the Peak von Mises stress of the
allograft spacers and the yielding risk of peri-screw bone under hybrid motion control conditions,
including flexion, extension, axial rotation, and lateral bending.

2. Materials and Methods

2.1. FEM of an Intact Cervical Spine

A previously validated three-dimensional intact cervical spinal segment model of C3–6 in a
54-year-old male subject was used [9,10]. The geometrical data of the multi-segmental cervical model
were reconstructed from computed tomography (CT) images. The scanner operated at the following
settings: ultra-high resolution with a transverse slice thickness of 0.5, and width of the pixel was
0.429 mm.

The cervical Finite Element (FE) model included cortical bone, cancellous bone, posterior
elements, annulus fibrosus, nucleus pulposus, and facet. In addition, anterior longitudinal ligaments,
posterior longitudinal ligaments, intraspinous ligaments, ligament flava, and capsular ligaments were
included. Ligament insertion points were matched from CT image. The spinal ligaments adopted
the nonlinear load-displacement material property for the physiological nonlinear behavior of the
ligaments (Table 1) [10,11]. The cortical bone of the vertebrae was separately modeled from the
inner cancellous bone because of its high stiffness. Although the thickness of the cortical bone varies
depending on each vertebral body and on the location, an average value of 0.5 mm was used for the shell
thickness in this study [12]. The vertebrae and discs were meshed using “eight-node brick” elements,
and the posterior element was meshed using for-node brick elements. The material properties were
assumed to be homogeneous and isotropic (Table 2) [13–15]. The mesh convergence was performed to
confirm adequate mesh density among variable element sizes from 0.1 to 2.0 mm. Finally, a 0.5-mm
element size was applied in our surgical model for the prediction of FE analysis results (implant and
periphery, element size—0.5 mm; the others, 2 mm). No unusual stress patterns were presented in this
study for this setting.

Table 1. The nonlinear material properties of the ligaments used in the Finite Element model [10].

ALL PLL LF ISL CL

Load
(N)

Disp.
(mm)

Load
(N)

Disp.
(mm)

Load
(N)

Disp.
(mm)

Load
(N)

Disp.
(mm)

Load
(N)

Disp.
(mm)

0 0 0 0 0 0 0 0 0 0

32 1.2 28 1.2 30 1.8 8.5 1.3 1.5 1.7

60 2.5 50 2.2 55 3.5 10 2.8 29 3.6

81 3.7 66 3.2 71 5.1 23 4.1 52 5

100 4.8 79 3.4 95 6.9 28 5.5 86 7.5

115 6 88 5 105 8 32 7 104 9.5

ALL = anterior longitudinal ligament, PLL = posterior longitudinal ligament, LF = ligament flavum,
ISL = interspinous ligament, CL = capsule ligament, and Disp. = displacement.

The intervertebral disc was consisted of an annulus fibrosus and a nucleus pulposus bounded
by the endplates. The fiber contents in the annulus fibrosus were modeled using tension-only truss
elements, which carry only tensile forces. The annulus fiber was arranged in an alternating crisscross
manner with an about 25◦ orientation [16,17]. The facet cartilage joints were modeled 45◦ from the
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horizontal plane and soft frictionless, with an initial gap of 0.5 mm based upon CT imaging [16].
The segment angles used to create the cervical spine curvature for the model were as follows: C3–4:
4.5◦, C4–5: 1.87◦, and C5–6: 3.94◦ [18]. For this study, the general-purpose Finite element analysis (FEA)
package ABAQUS (Abaqus 2017, Dassault Systèmes Simulia Corp., Providence, RI, USA.) nonlinear
geometry parameter (NLGEON = ON) in the ABAQUS step module was used.

Table 2. Material properties.

Component Name Young’s Modulus (MPa) Poisson’s Ratio (ν) Ref.

Cortical bone 12,000 0.3 [16]

Cancellous bone 100 0.29 [13]

End plate 500 0.4 [17]

Pedicle 5000 0.3 [19]

Posterior element 3500 0.29 [11]

Annulus matrix 4.2 0.45 [17]

Annulus Fibers 500 Cross-sectional Area
0.1(mm2) [14]

Nucleus pulposus 1.0 0.499(Incompressible) [17]

Allospacer(Femoral cortical bone) 18,200 0.38 [20]

Allospacer(Femoral cancellous bone) 389 0.3 [20]

Posterior screw(Ti6Al4V ELI) 110,000 0.35 [21]

2.2. LMS and PS Combination Model with Allograft Spacer

The allograft spacer was constructed based on measuring the CornerstoneTM ASR (Medtronic
Sofamor Danek, Memphis, TN, USA) using SolidWorks CAD drawings (Solidworks 2013,
Dassault Systemes Solidworks Corporation, Waltham, MA, USA) and imported into ABAQUS
to generate elements of 3D geometry. The mesh size of the allograft spacer was 0.5 mm. The boundary
condition of the allograft spacer between the cortical bone and cancellous bone was accomplished
through a “tie”. Then, the meshed allograft spacer model was inserted into the C5–6 disc space of the
previously constructed intact cervical FEM. The spacer had a length of 14 mm, a height of 7 mm, and a
lordotic angle of 7◦, which were the best dimensions to fit the vertebral anatomy at the C5–6 level for
the cervical model being used.

The allograft spacers were inserted via an anterior surgical approach, which was previously
described [22–24]. By simulating the surgical procedure, the anterior longitudinal ligament, the posterior
longitudinal ligament, the superior and inferior endplates, and the anterior and posterior portions of
the annulus fibrosus were excised. Then, the allograft spacer was positioned at the anterior margin
of the vertebral body. Since our model was aimed at simulating the biomechanical behaviors after
bony fusion, specific constraint conditions were imposed, especially at the bone-implant interface.
In this study, the interface behavior was accomplished via a “tie” contact condition, which enabled the
allograft spacer and vertebrae to be permanently bonded together and fully constrained.

By incorporating the Poseidon cervical pedicle screw system (Medyssey, Jecheon, Korea) for
posterior fixation, each lateral mass screw, pedicle screw, and their combination models were set.
The PS was 28 mm in length and 3.5 mm in diameter, and the LMS was 14 mm in length and 3.5 mm in
diameter. The rod had a thickness of 3.7 mm. Each screw was inserted as described below. The LMS
position was defined as 1-mm medial and 1-mm cephalad in relation to the midpoint of the lateral
mass. The insertion angle was set to 28◦ in the lateral direction and 15◦ in the superior direction.
The PS position was set to 1-mm lateral to the center of the articular mass and near the end of the
superior articular process. The C5–C6 segment was 40◦ medial and sagittally parallel to the inferior
endplate [25,26].
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Six types of postoperative posterior fixation models (Type 1: all LMS, Type 2: all pedicle screws
(PS), Type 3: left (Lt) PS and right (Rt) LMS combination, Type 4: Lt LMS and Rt PS, Type 5: upper
PS and lower LMS, and Type 6: upper LMS and lower PS) were constructed by modifying the intact
model to simulate device implantation at C5–C6 (Figure 1).

Figure 1. Finite element model and the six models with lateral mass screws (LMS) and pedicle screws
(PS). Type 1: all LMS, Type 2: all PS, Type 3: left (Lt) PS and right (Rt) LMS, Type 4: Lt LMS and Rt PS,
Type 5: upper PS and lower LMS, and Type 6: upper LMS and lower PS.

2.3. Loading and Boundary Conditions

The inferior endplate of the most caudal vertebra (C7) was fixed in all degrees of freedom,
while loads were applied to the superior endplate of the most cephalic vertebra (C3). A compressive
load of 73.6 N was used to approximate the weight of the head and local muscle stabilization during
daily activity [27,28]. Six constrained degrees of freedom (translation and moment) at C6 were
investigated after first applying a compressive load of 73.6 N and then a pure moment of 1.0 Nm.
We divided the anterior (allograft spacer, annulus matrix, and fibers) and posterior sections (facet joint
and posterior fixation constructs (PFCs)) and calculated the ratio after measuring the normal force in
the x, y, and z directions of each surface node. In addition, the stability of the allograft spacer and
bone was confirmed by measuring the Peak von Mises Stress (PVMS) of the allograft spacer and the
maximum principle strain of the peri-screw bone. To confirm the subsidence potential of the treatment
devices, the PVMS of the bone surface in contact with the treatment device was analyzed assuming a
bone yield stress ratio of 16.3 MPa [9,29].

3. Results

3.1. Load Sharing Between Posterior Fixation Constructs and the Allograft Spacer

In flexion mode, the load sharing on the allograft spacer was highest in the Type 1 model (74.6%;
Figure 2). When combined with any number of PS, the load sharing on the allograft spacer decreased.
In extension mode, the load sharing on the allograft spacer was lowest in the Type 5 (14.4%) model
and highest in the Type 1 LMS-only model (25.3%). In the lateral bending mode, the load sharing on
the allograft spacer was highest in the Type 6 model (60.9%) and lowest in the Type 3 model (23.5%),
where the compressed side during lateral bending was supported by the PS. In the counterclockwise
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axial rotation mode, all models except Type 2 demonstrated increased physiologic loading on the
allograft spacers. The load sharing on the allograft spacer was highest in the Type 1 model (42.2%) and
lowest in the Type 2 model (19.9%).

Figure 2. Load sharing on allograft spacers and posterior fixation constructs. Type 1: all LMS, Type 2:
all PS, Type 3: left (Lt) PS and right (Rt) LMS, Type 4: Lt LMS and Rt PS, Type 5: upper PS and lower
LMS, and Type 6: upper LMS and lower PS.

3.2. Effect of LMS and PS Combinations on the Allograft Spacer and Posterior Fixation Stress Distributions

In flexion mode, the PVMSs of the allograft spacer and PFCs were lowest in the Type 2 model
(Figure 3). In extension mode, the PVMS was highest in the allograft spacers in the Type 3 and 4
models and the PFCs in the Type 5 and 6 models. During lateral bending, the PVMSs of the allograft
spacers and PFCs were lowest in the Type 2 and 3 models. In the axial rotation mode, the PVMSs of
the allograft spacers and PFCs were lowest in the Type 2 model. The PVMSs were highest in type 3 of
the PFCs and in Type 4 of the allospacer.

Figure 3. The Peak von Mises stress on the allograft spacers and posterior fixation constructs were
dependent on the plate-screw combination. Type 1: all LMS, Type 2: all PS, Type 3: left (Lt) PS and
right (Rt) LMS, Type 4: Lt LMS and Rt PS, Type 5: upper PS and lower LMS, and Type 6: upper LMS
and lower PS.
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3.3. Effect of Posterior Fixation Constructs on Allograft Spacer Subsidence Risk

In general, the vertebra with LMS exhibited a higher risk of subsidence independent of the
vertebra level. The likelihood of subsidence of the allograft spacer was calculated on the basis of the
yield strength of the C5 and C6 vertebral body cancellous bone of 16.3 MPa (Figure 4).

Figure 4. The subsidence risk analysis of the allograft spacers on C5 and C6. Type 1: all LMS, Type 2:
all PS, Type 3: left (Lt) PS and right (Rt) LMS, Type 4: Lt LMS and Rt PS, Type 5: upper PS and lower
LMS, and Type 6: upper LMS and lower PS.

In flexion modes, the allograft spacer subsidence risk on C6 was highest in the Type 5 (4.902 MPa,
30.1%) model, where the LMS were bilaterally inserted in the lower vertebra. On the C5 vertebra,
Type 3 and 4 (ipsilateral hybrid models) (3.598 MPa, 22.1%) had the highest subsidence risks due to
asymmetric physical loading and the weaker support from LMS compared to PS.

In the extension mode, the Type 6 model (2.45 MPa, 15.0%) yielded the highest subsidence
risk on C5, and the Type 5 model (2.189 MPa, 13.4%) yielded the highest subsidence risk on the C6.
During lateral bending, the Type 3 model (2.746 MPa, 16.8%) had the lowest projected subsidence
risk on C5 and (2.061 MPa, 12.6%), also, on C6. This can be explained by a PS counterforce opposing
the lateral bending force. Contrarily, in the Type 4 model, the lateral bending force was supported
by the lateral mass screw. Accordingly, the highest subsidence risks (3.726 MPa, 22.9%) on C5 and
(2.994 MPa, 18.4%) C6 were associated with the Type 4 model, because asymmetry on the LMS side
caused excessive LMS-side compression forces. In the counterclockwise axial rotation, the Type 4 model
(3.092 MPa, 19.0%) had the highest risk of subsidence on C5 and (3.076 MPa, 18.9%) C6. This model
had the PS and LMS parallel to the counterclockwise rotation force, which would enable pulling forces
that could displace the screws. The Type 2 model, which was all PS, had the lowest subsidence risk
during counterclockwise rotation.

3.4. Distribution of Screw-Bone Interface Stresses

In all models, no complete yield of cancellous bone occurred, which was related to screw loosening.
The yield strain of cervical cancellous bone was 0.0081. The screw-bone interface stresses increased at
the LMS insertion site near the cortex hole. In general, the whole-body stress distribution was on the
LMS-inserted side within the same vertebra and the LMS-inserted vertebral body. The highest stress
parts, which were dependent on the fixation and motion, are indicated with red arrows in Figure 5.
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Figure 5. Posterior and lateral views of the Peak von Mises stress distributions on the screw-bone
interface. On the LMS side, the stress load of the vertebral body is demonstrated, but on the PS
side, the stress shielding of the vertebral body by PS is seen. *Red arrows indicate the highest stress
distribution. Type 1: all LMS, Type 2: all PS, Type 3: left (Lt) PS and right (Rt) LMS, Type 4: Lt LMS
and Rt PS, Type 5: upper PS and lower LMS, and Type 6: upper LMS and lower PS.

3.5. Distribution of the Peak von Mises Stress on Posterior Fixation Constructs

In general, the Peak von Mises stress of a screw was higher in the LMS than the PS (Figure 6).
The Type 2 model had the lowest calculated PVMS in all motion modes. In flexion and extension
modes, when both LMS and PS were included, the Type 3 and 4 models demonstrated the highest
PVMS, which occurred around the C5 LMS neck area. In the lateral bending mode, the Type 6 model
demonstrated the highest PVMS near the C6 PS rod. Additionally, in the lateral bending mode, the Type
2 model demonstrated the lowest PVMS, which occurred near the inlet of the vertebral body pedicle.
During the axial rotation mode, the Type 3 model had the highest predicted PVMS around the LMS
neck on the C6 area. In the Type 6 model, the PVMS was highest near the LMS neck on C5. In this
area, the counterforce was applied counterclockwise against the rotation force. All of the models
demonstrated very low values with respect to the yield of the strength of titanium (880 MPa).
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Figure 6. Posterior and lateral views of the Peak von Mises stress distributions on the screw-bone
interface. *Red arrows indicate the highest stress distributions. Type 1: all LMS, Type 2: all PS, Type 3:
left (Lt) PS and right (Rt) LMS, Type 4: Lt LMS and Rt PS, Type 5: upper PS and lower LMS, and Type 6:
upper LMS and lower PS.

4. Discussion

The treatment for severe spondylotic cervical radiculomyelopathy patients is a combination of
lateral mass and pedicle screws that are essential to ensure the biomechanical stability of a surgically
treated bone-allograft spacer segment. The screw combination is based on patient-specific anatomical
considerations and surgeon preferences [1,30]. Despite the variety of screw combinations that can be
used, no study has analyzed how different combinations of lateral mass and posterior pedicle screws
affects biomechanical stresses. We compared the different biomechanical stresses on allograft spacers,
endplates, the bone-screw interface, and rod screws for different screw combinations.

The combination of a lateral mass and pedicle screw is expected to have different stabilization
outcomes during flexion, extension, axial rotation, and lateral bending. Furthermore, deeper insertion
of the pedicle screw results in better stabilization.

4.1. Load Distribution and PVMS on Posterior Fixation Constructs and Allograft Spacers

In the current study, the PFCs functioned better in extension than tension during the flexion mode
regardless of the LMS and PS. The Type 2 model (PS-only) had lower overall loading on the allograft
spacer when compared to other models, except during lateral bending. During flexion, the Type 1
model demonstrated the highest allograft spacer loading, which indicated that the LMS alone could
be insufficient to support the vertebral body-allograft spacer constructs under specific circumstances,
such as loading in osteoporosis patients. Interestingly, in lateral bending mode, the Type 3 and 4 models,
which had support from the PS on the compressed side or the opposite side, demonstrated the lowest
loading on the allograft spacers. These data suggest that, on both the compressive and distractive
sides, the PS hold the C5–6-allograft spacer construct tightly and resist the lateral bending forces.

In axial rotation, the type 3 model had the highest PVMS on the PFCs, which occurred around the
LMS neck due to the direction of the counterclockwise rotation force and relatively weaker support
from the LMS on the opposite side. Therefore, the stress on the PS side increased to compensate the
weaker support from the LMS. The stress on the PS side also increased but was widely distributed
over the entire body of the PS. However, on the LMS side, in the near cortex, which was in contact
with the LMS, there was increased bone-interface stress. In this area, screw toggling and loosening are
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expected (Figures 2, 3, 5 and 6). In contrast, for the Type 4 model, the PVMS on the allograft spacer was
the highest. The PVMS on the PFC also increased near the LMS neck area due to the screw direction,
which allowed for the counterclockwise rotation of the vertebra that could displace the screws.

It is anticipated that, in flexion mode, the allograft spacer PVMSs are higher than in the PFCs.
However, in extension mode, after ipsilateral hybrid insertion of the LMS and the PS (Type 3 and 4
models), the allograft spacer PVMSs increased due to asymmetric physiologic loading when compared
to the LMS and PS-only models. In the proximal and distal combinations (Type 5 and 6 models),
however, both the PVMS on the allograft spacers and on the PFCs increased. For example, in the Type
6 model, the C6 PS had a stronger column fixation when compared to the C5 LMS. The C6 PS was a
source of stiffness against LMS fixation, and the PVMS was highest on the rod near the PS head. In the
Type 5 model, the PVMS on the PFCs was the highest on the rods near the distal screws (Figure 6).
During lateral bending, the Type 2 and 3 models were supported by the PS on the compressed side
and demonstrated the lowest PVMSs on both the allograft spacers and PFCs. When combined with the
LMS or when the LMS was used alone on the compressed side, the PVMSs on the allograft spacers and
PFCs increased (Figures 2 and 3).

The distribution patterns of the PVMSs on the PFCs are clinically meaningful (Figure 6). Most of
LMS exhibited higher PVMSs around the LMS neck area (Type 1, 3, and 4 models), which is the most
common area for bone-screw interface loosening. In the PS, the highest PVMSs regions were at the
screw neck insertion point and at the pedicle screw–shaft interface. In contrast to the LMS, in the PS,
the range of bone-screw contacts are wider and have a decreased risk of bone-screw failure caused by
toggling motions.

4.2. Effect of Posterior Fixation Constructs on the Subsidence Risk of Allograft Spacers

The asymmetrical hybrid insertion of LMS and PS, especially in the Type 4 model, had worsening
subsidence risks that were dependent on the applied forces, except for extension.

In flexion mode, the Type 1 and 5 models had the highest C6 subsidence risks These results
indicate that LMS inserted at C6 are weaker than PS and less able to support the flexion force of the
constructs, which would accompany the collapse of the C6 endplate. In contrast, the Type 3 and 4
ipsilateral hybrid models had an increased subsidence risk of C5 due to asymmetric physical loading
and the weaker support from LMS compared to PS.

In the extension mode, the LMS demonstrated increase subsidence risk at the insertion level in
Type 1, 5, and 6 models. When the LMS were inserted at lower levels, the weakest support resulted
in increased C5 and C6 subsidence risks. The LMS on C6 in the Type 5 model are biomechanically
insufficient to hold the PS inserted in the C5 vertebral body.

In lateral bending, the PS on the compression side provided the strongest support in the Type
2 and 3 models. However, in the Type 4 model, the asymmetry on the LMS side caused excessive
LMS-side compression forces, which yielded the highest C5 and C6 subsidence risks. When the LMS
was at a lower level (Type 1 and 5 models), it also led to increased concomitant C5 and C6 subsidence
risks. In the axial rotation, the screw direction with respect to the rotational force and the bilateral
positioning of the LMS affected the allograft spacer subsidence.

In the current study, as anticipated, the PS constructs were biomechanically stronger than the
LMS constructs. As the number of PS added to a construct with LMS increased, the biomechanical
stability increased. More specifically, the load distribution, especially in flexion, increased. The only
exception was the Type 4 model during lateral bending. However, the results indicated that an
asymmetric combination of PS and LMS caused an increased subsidence risk in the Type 4 model in the
lateral bending and axial rotation. Therefore, when using a hybrid model with LMS and PS, a spine
surgeon should understand that specific screw combinations could negatively affect the postoperative
subsidence risk of allograft spacers.

This study had a few limitations that are related to the middle-aged 54-year-old male patient that
was the basis for the FEM modeling, which have already been mentioned by other studies. The results
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do not reflect the condition of the discs and endplates in older female patients who undergo spinal
surgery with cervical radiculomyelopathy. In addition, our FEM model only included an allograft
spacer-vertebral body fusion model; it did take into account the immediate postoperative status of the
allograft spacer-vertebral body interface before bony fusion occurs. Additionally, a 3D intact cervical
FE model validated by range of motion (ROM) was utilized in the present study [9,10]. This approach
confirmed that the kinematics of the developed FEM reflected real soft tissue functions. However,
we evaluated the stress and strain of the peri-screw bone, which could be a different context for the use
of this FEM. Therefore, this study could lack sufficient evidence to support the validation of this FEM.
Nevertheless, in many biomechanical studies, ROM was utilized to validate and verify models, as well
as to predict stress and forces reflective of real-world settings [31–37].

5. Conclusions

In conclusion, the asymmetrical ipsilateral hybrid use of LMS and PS in lateral bending and
axial rotation yielded the worst mechanical stability and a higher allograft spacer subsidence risk.
In addition, distal LMS insertion increased the subsidence risk of allograft spacers on C6 in both flexion
and extension. Therefore, we recommend the bilateral symmetrical insertion of LMS or PS and PS
insertion on distal vertebra for the improved stability and decreased risk of allograft spacer subsidence.
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Featured Application: Pompe disease is a neurological disease with significant impacts on gait

and balance. Therefore, it is important to measure these characteristics in a functional, valid and

reliable manner. This investigation used a cross-sectional study design utilizing gait analysis and

posturography to quantify the difference between patients with late-onset Pompe disease (LOPD)

and matched asymptomatic subjects. These results may be useful to develop more specific and

efficient rehabilitation programs depending on the individual abilities of the patients.

Abstract: Pompe disease is a multisystemic disorder with the hallmark of progressive skeletal muscle
weakness that often results in difficulties in walking and balance. However, detailed characterization
of gait and postural regulation with this disease is lacking. The objective of this investigation was
to determine if differences exist between the gait and postural regulation of LOPD patients and a
matched control group. The gaits of 16 patients with LOPD were assessed using a gait analysis
mobile system (RehaGait) and a dynamometric treadmill (FDM-T 1.8). The Interactive Balance
System (IBS) was used to evaluate postural regulation and stability. All measures were compared
to individual reference data. Demographic (age, gender), morphological (body height, body mass)
and clinical data (muscle strength according to the Medical Research Council Scale (MRC Scale),
as well as the 6-min walking test and a 10-m fast walk) were also recorded. Compared to individual
reference data, LOPD patients presented with reduced gait velocity, cadence and time in single stand.
A total of 87% of LOPD patients had abnormalities during posturographic analysis presenting with
differences in postural subsystems. This study provides objective data demonstrating impaired gait
and posture in LOPD patients. For follow-up analysis and as outcome measurements during medical
or physiotherapeutic interventions, the findings of this investigation may be useful.

Keywords: glycogenosis type II; acid maltase deficiency; enzyme replacement therapy;
posturography; balance

1. Introduction

Pompe disease (Online Mendelian Inheritance in Man (OMIM) 606800) is an autosomal recessive
inherited orphan disease caused by mutations in the glucosidase alpha acid (GAA) gene. Resulting in
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deficient activity of the enzyme alpha-1,4-glucosidase that is located in cellular lysosoms involved in
the degradation of glycogen. Consequently, glycogen accumulation occurs not only in skeletal muscle,
but also in cardiac and smooth muscles [1].

The entrapment of lysosomal glycogen results in muscle damage by a number of pathogenic
mechanisms, such as defective autophagy, calcium homeostasis, oxidative stress, and mitochondrial
abnormalities [2]. Recently, metabolic abnormalities and energy deficits have also been shown to
contribute to this pathogenic cascade [3]. The severity of clinical manifestations, tissue impairment
and age of onset correlate with the residual enzymatic activity and can be classified into two forms:
the Infantile Onset Pompe Disease (IOPD) or classical form has no or very low enzymatic activity
levels, leading to severe general muscular weakness with floppy infant syndrome. Cardiomyopathy
and respiratory failure usually lead to death within the first year of life. The late-onset Pompe disease
(LOPD) or non-classical form has a higher residual enzyme activity. This disease progresses slowly
and may start at any age after the first year of life. A common sign of LOPD is weakness of the
proximal limbs, predominantly affecting the hip girdle. Axial muscles as well as respiratory muscles
may also be impaired due to myopathy [4]. Patients often present clinically with back pain and exercise
intolerance and dyspnea [5]. Recently, the systemic characteristics of this primary muscular disorder
have been discovered: alteration of smooth muscles of the intestine and vessels, especially ectasia of
vertebrobasial arteries, and the involvement of the nervous system (white matter lesions and small
fiber neuropathy) widening the Pompe disease phenotype [6].

Since 2006, a causal treatment is available with enzyme replacement therapy (ERT) using
recombinant human α-glucosidase. This treatment has been shown to improve patient survival and
muscle strength to a variable extent [7]. It can also improve the quality of life of LOPD patients due to
better mobility and participation in activities of daily life [8]. However, the actual ERT is not a cure
for the disease and further therapeutic approaches are necessary. A detailed understanding of LOPD
patients’ gait patterns and balance may help improve physiotherapeutic strategies in the prevention of
falls and preserving the patient’s ambulatory status. Additionally, analysis of these features might be
a tool for following up on future therapeutic strategies (i.e., next level ERT order gene therapy) [9].
There is a paucity in this research, with one study reporting reduced spatio-temporal parameters
during gait in 22 LOPD patients on ERT [10] and another showing deficits in standing postural stability
among five LOPD patients [11].

The aim of this study was to provide a systematic analysis of both gait parameters and postural
abilities, as well as their interaction in patients with LOPD. These data were then compared to a group
of matched healthy controls.

2. Materials and Methods

2.1. Subjects

All subjects provided written informed consent prior to data collection. This study protocol was
approved by the local ethics committee (approval number: 2019-164). Sixteen ambulatory LOPD
patients with a genetically confirmed diagnosis were included (9 women; mean age: 54.2 ± 15.3 years,
range: 19–82 years, Table 1).
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Fifteen of sixteen patients (94%) were on ERT at the standard dose of 20 mg/kg biweekly (range:
9–135 months; mean: 67.4 months). The duration of the disease ranged from 2 years to 40 years
(mean: 15.9 years). One female was tested before ERT was started. A total of 44% of the patients
required temporarily non-invasive ventilation and 50% of the patients used walking aids. All LOPD
patients were individually matched with healthy controls based on the relevant selection criteria sex,
age, and body height to guarantee a valid comparison with asymptomatic subjects and to avoid the
recruitment of an asymptomatic control group [12,13]. The reference data were obtained from 1860
subjects for mobile gait analysis [14], from 141 subjects for treadmill analysis [15] and from 1724 subjects
for the posturographic parameters [16].

2.2. Clinical Analysis

Synopsis of the study protocol for each patient is depicted in Figure 1. All LOPD patients were
examined clinically using MRC scale similar to previous trials with LOPD patients [11,17]. For lower
limb assessment, the bilateral strength of the hip flexors and extensors, hip abductors and adductors,
knee flexors and extensors, and ankle dorsiflexors and plantarflexors were assessed. For correlation
analysis, the bilateral sum of the MRC scale was used for each individual strength variable, as well
as the bilateral sum of all examined muscle groups were obtained. Furthermore, all LOPD patients
completed a 6-min walking test and a 10-m fast walk [4]. Concomitant peripheral neuropathy was
examined via a clinical screening for symptoms of polyneuropathy (e.g., reduction of distal sensibility
and tendon reflexes, pain of distal legs) and confirmation by nerve conduction analyses.

Figure 1. (a–c) Examination protocol.

2.3. Mobile Gait Analysis Using an Inertial Sensor Based System

Participants were initially equipped with a mobile inertial sensor-based system (RehaGait®

HASOMED GmbH, Magdeburg, Germany) (Figure 1a). This system has been reported to have
a high intraobserver reliability (intraclass correlation coefficients (ICCs) range: 0.691–0.959) [18].
Donath et al. [19] also reported good to excellent intraobserver reliability by testing 22 healthy subjects
on two separate days (time interval: 7 days). Additionally, these authors confirmed the validity of this
system by comparing it to the FDM-T system (zebris medical GmbH, Isny, Germany), which was also
used in the present study. These authors captured spatio-temporal gait data simultaneously using both
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gait analysis systems and with the exception of speed and stride length at a slow speed (15% below
habitual walking speed), both systems showed a high level of accordance. In line with the study of
Donath et al. [19], each sensor (dimensions: 60 × 15 × 35 mm) contained a 3-axis accelerometer (±8 g),
a 3-axis gyroscope (±1000 ◦/s) and a 3-axis compass (±1.3 Gs). The sensors were attached to the lateral
aspect of the shoe using special straps to measure linear acceleration, angular velocity and the magnetic
field of the foot (sampling rate: 500 Hz). Heel-strike was used to determine each gait cycle. All other
gait events (full contact, heel-off, toe-off) were identified relative to heel-strike. These gait phases were
then used to derive orientation and position and spatio-temporal gait parameters.

Since self-selected speed has been suggested to provide the most functionally relevant data [20],
each subject was instructed to walk through a 20-m common hospital corridor (without any obstacles)
at a self-preferred speed. LOPD patients wore their own personal walking shoes and the first walking
trial was used for subjects to adjust to the test conditions. Data from the second trial were used for
analysis. Each gait parameter for all recorded steps was analyzed.

2.4. Balance Measurement Using Posturography

Posturographic assessment was established with the IBS (neurodata GmbH, Vienna, Austria)
(Figure 1b). The IBS consists of four independent force plates used to measure postural regulation
at a sampling rate of 32 Hz. Sway intensities at different frequency ranges were determined using
Fast Fourier Transformation (FFT). The raw signal (force-time signal) was subtracted from the mean
value and then subjected to a FFT with a rectangular window. On the ordinate, the amplitude of the
frequency components was exposed and, consequently, the ordinate was dimensionless in that the
results of the FFT are proportional to the output signal [21]. Different functional frequency bands were
used to delineate the postural subsystems (F1, F2–4, F5–6, F7–8) [22–24]:

1. F1: Frequency band 1 (0.01–0.03 Hz)—visual and nigrostriatal system;
2. F2–4: Frequency band 2–4 (0.03–0.5 Hz)—peripheral-vestibular system;
3. F5–6: Frequency band 5–6 (0.5–1.0 Hz)—somatosensory system;
4. F7–8: Frequency band 7–8 (>1.0 Hz)—cerebellar system.

Additionally, motor output was determined as:

1. Stability indicator (ST): The root mean square of successive differences in pressure signals. Greater
instability is indicated by a greater ST.

2. Weight distribution index (WDI): Standard deviation of the weight distribution score.
3. Synchronization (Synch): Six values that describe the relationship of vibration patterns between

plates calculated as a scalar product: 1000—complete coactivity; −1000—complete compensation;
0—no coactivity or compensation.

4. Forefoot–hindfoot ratio (Heel): Percentage of load distribution between the forefoot and hindfoot
with an emphasis on heel loading.

5. Left–right ratio (Left): Percentage of load distribution between the left and right feet with an
emphasis on left side loading.

Subjects were tested barefoot using a single trial (32 s) for each of the following test conditions:

1. Head straight, eyes open, without foam pads (NO);
2. Head straight, eyes closed, without foam pads (NC);
3. Head straight, eyes open, on foam pads (PO);
4. Head straight, eyes closed, on foam pads (PC);
5. Head rotated 45◦ to the right, eyes closed, without foam pads (HR);
6. Head rotated 45◦ to the left, eyes closed, without foam pads (HL);
7. Head up (dorsiflexed), eyes closed, without foam pads (HB);
8. Head up (plantarflexed), eyes closed, without foam pads (HF).
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Initially, subjects were asked to stand upright, with their weight evenly distributed on the two
force plates while focusing on a fixed target (placed at each subject’s respective body height). In this
starting position, subjects were then asked to stand freely and as still as possible. Positions, reliability,
frequency bands, and parameters of motor output used in the IBS have been previously described in
detail [12]. For example, the intraobserver reliability has been confirmed using both asymptomatic
subjects [25] and patients [26,27]. ICCs for every parameter and all test positions have been reported
from 0.71 to 0.95 [25–27]. In support of these previous reliability investigations, which showed that the
reliability averaged over eight positions were clearly higher than from a single position, we also used
the mean values captured in the eight test positions for all parameters.

2.5. Gait Analysis Using a Dynamometric Treadmill

Gait trials were performed on a dynamometric treadmill with a fall protector (h/p/cosmos/quasar,
FDM-T, zebris medical GmbH, Isny, Germany, Figure 1c) [15]. This instrumented treadmill (length: 1.5 m;
width: 0.5 m) contained an integrated pressure sensor mat comprising a matrix of high-quality capacitive
force sensors (range, 1–120 N/cm2; precision, 1–120 N/cm2 ± 5 %; sensor area: 135.5 × 54.1 cm; resolution:
1.4 sensors per cm2; total number of sensors: 10.240) and analysis software [19]. The assessment captures
the dynamic pressure distribution under the feet while walking on the treadmill at a sampling rate
of 300 Hz. Two mobile camera modules were positioned behind and beside the treadmill to confirm
correct foot placement on the treadmill. Prior to data collection, the force plate was set to zero
in order to calibrate the entire measurement system [28]. Spatio-temporal gait parameters were
calculated automatically from the pressure data within the FDM-T software for the heel, midfoot,
and forefoot. Based on the manufacturer’s specifications, heel-strike was defined as initial contact
(threshold: 1 N/cm2), while toe-offwas the final data frame before all foot pressures were sub-threshold.
Furthermore, stride length was defined as the distance between two consecutive heel contact points
(alternate sides), stride time was the time between two consecutive heel-strikes (same foot) and cadence
is the number of steps taken per minute [19]. Each subject walked (30 s duration) at their self-selected
gait speed, while wearing their own personal shoes.

2.6. Statistics

The balance and gait analysis results of the LOPD patients were defined as conspicuous when
outside a reference range between the 10th percentile (P10) and the 90th percentile (P90) obtained from
the matched control group.

Relationships between clinical predictors and the test parameters were calculated using Pearson
bivariate two-sided product moment correlations, because the measures obtained were normally
distributed. Correlation (r) was graded as: < 0.1, trivial; 0.1–0.3, small; 0.3–0.5, moderate; 0.5–0.7, large;
0.7–0.9, very large; and 0.9–1.0, nearly perfect [29].

Differences between groups (patients with and without polyneuropathy (PN)) were tested using a
one-factor (group) univariate general linear model. Differences between means (group effect) were
considered statistically significant if p-values were <0.05 or partial eta-squared (ηp

2) values were
greater than 0.15. Due to the relatively small number of cases in each group (n < 10), decisions on
significance were based on both statistical values.

All statistical analysis was performed using SPSS version 25.0 for Windows (IBM, Armonk,
NY, USA).

3. Results

3.1. Gait Analysis with Mobile Device (Rehagait) and Dynamometric Treadmill Analysis

LOPD patients showed gait abnormalities in cadence (75%), velocity (69%) and percentage of
time in double limb support (56%) compared to the matched references (Tables 2 and 3).
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Maximum foot height was reduced in 6% of LOPD patients, stride length in 25% and step widths
in 36% (Table 3). Foot rotation and lateral displacement were conspicuous in 71% of the patients.
In most patients (71%), pressure distribution across the heel, midfoot and forefoot regions were outside
the inter-percentile range in one or more items (Tables 2 and 3).

There was a moderate relationship between overall hip muscle strength and the percentage of
single limb support during the gait cycle (rRehaGait = 0.525, p = 0.037). Step widths showed a moderate
correlation with strength of hip muscles (rtreadmill =−0.579, p= 0.030) and total strength of the lower limbs
(r = −0.613, p = 0.020). Performance on the 10-m fast walk was highly correlated with walking speed
(rRehaGait =−0.919, p< 0.001; rtreadmill =−0.750, p= 0.002) and stride length (rRehaGait =−0.779, p = 0.001).
There was also a moderate correlation between 10-m fast walk performance and the percentage of
mid stance phase (rRehaGait = −0.589, p = 0.027). Stride length correlated with the percentage of double
support (rRehaGait = −0.749, p = 0.002) and single support (rRehaGait = −0.907, p < 0.001), as well as with
forefoot pressure (rtreadmill = 0.578, p = 0.031), and heel pressure (rtreadmill = 0.851, p < 0.001).

Cadence was significantly correlated with hip flexion strength (rRehaGait = 0.575, p = 0.020;
rtreadmill = 0.539, p = 0.047) and hip adduction strength (rRehaGait = 0.623, p = 0.010; rtreadmill = 0.620,
p = 0.018). Furthermore, cadence was also highly correlated with performance during the 6-min
walking test (rRehaGait = 0.742, p = 0.002; rtreadmill = 0.658, p = 0.014).

3.2. Posturographic Analysis

Most LOPD patients (87%) showed abnormal results (Table 4) for balance and postural regulation.
One patient (no. 15) was unable to perform the test. Frequency band analysis revealed abnormal results
in 53% of the patients: regulations in F1 and F2–4 were most often affected in this cohort. Three patients
presented with isolated abnormalities in F1 that detects for visual [22,24] and nigrostriatal [30]
contribution to balance regulation. Postural stability (parameter: ST) and forefoot–heel coordination
(parameter: Synch) were affected in 60% and 53%, respectively. Patient no. 5 had the lowest level of
balance and postural regulation (Table 4) with abnormal results for all frequency bands combined with
a disturbed gait pattern with the mobile gait analysis. This patient was not able to perform the gait
treadmill test (Table 3). The muscle strength of the knee and forefoot–heel ratio correlated moderately.
Results in F5–6 also correlated with performance in the 6-min walking test (r = −0.517, p = 0.049) and
with ST (r = 0.983, p < 0.001).
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Figure 2 presents two examples for low and high gait and postural performances. Postural stability,
measured by a stability indicator, and postural regulation, measured by frequency bands, are presented
for posturographic analysis. Plantar pressure distribution and plantar forces regarding heel, midfoot
and forefoot (left and right) and force–time curves depict different gait patterns.

Figure 2. Examples for high and low performances concerning gait and posture stability and regulation.

3.3. Impact of Existence of Polyneuropathy on Posturographic Results

All posturographic parameters were sub-analyzed according to the presence of PN. Patients with
PN had significantly more abnormalities in the synchronization (p = 0.142, ηp

2 = 0.158; Figure 3a) and
in F2–4 (p = 0.101, ηp

2 = 0.194; Figure 3b) than those without PN.

(a) (b) 

Figure 3. (a,b) Synchronization (a) and F2–4 (b) depending on polyneuropathy (yes: n = 6; no: n = 9).

No relevant correlations were detected between disease duration or ERT duration and any
performance parameter (e.g., 6-min walking test, 10-m fast walk, walking speed, postural stability
measured by a stability indicator). A total of 69% (n = 11) of the LOPD patients were classified with
mild axial weakness (dimension: strength of the axial musculature).

4. Discussion

Gait abnormalities in LOPD patients included reduced gait velocity, reduced stride length and a
shift from time in single stance phase towards double limb support, which support the previous findings
of McIntosh et al. [10]. These abnormalities most likely result from proximal lower limb weakness
common with this disease [31,32]. However, in the current study, the only strength characteristic that
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correlated with gait was for the association between hip strength with time in single leg support stance
and step widths.

Postural stability and regulation were reduced in most patients in this study, similar to those
of previous research [11]. This is believed to result from reduced muscle strength. However, in the
present study, there was no significant correlation between muscle weakness and postural parameters
except for knee-joint force and forefoot–heel coordination. There were no relevant correlations
between gait performance and posturographic results. In contrast, two patients with marked gait
impairment performed better than the reference cohort in isolated parameters of posturography.
Therefore, other muscular determinants of gait and balance must exist.

It has previously been reported that postural regulation in LOPD patients is impaired when
their eyes are closed and believed to result from sensory deficits [10]. Consistently in this study,
LOPD patients with clinical PN had significantly more abnormalities in the postural synchronization
than those without. However, no differences in sway between LOPD patients with or without PN were
observed in F5–6 (averaged over all test positions), which has been shown to be affected in patients
with diabetic polyneuropathy [23]. It is possible that, in LOPD patients, additional effects on the muscle
spindles [33] or spinal cord [34] may contribute to alterations in sway rather than PN. A differentiated
calculation (F5–6NO + PO = open eyes vs. F5–6NC + PC + HR + HL + HB + HF = closed eyes) based on an
effect size (d) provided a significantly larger difference with open eyes (with PN: 4.26 ± 2.43 vs. without
PN: 3.04 ± 0.88; d = 0.74) than with eyes closed (with PN: 6.29 ± 3.44 vs. without PN: 5.14 ± 1.55;
d = 0.47). This finding may be explained by the neuroplasticity of biological systems and the model of
selective compensatory optimization. The alteration of afferent sensory (proprioceptive) information,
potentially caused by mechanoreceptor damage (PN, Anterior Cruciate Ligament (ACL) surgery,
High Tibial Osteotomy (HTO) surgery), may contribute to disturbances of postural regulation [12,13].
In support of Brehme et al. [13] and in contrast to Bartels et al. [12], we showed hyperactivity of
the somatosensory system in the presence of PN. This hyperactivity could also be observed in the
cerebellar system (four patients had abnormal posturographic findings; Table 4). This may partially
explain the close relationship between the somatosensory system and the spinocerebellum system
as an important part of the cerebellum, which is responsible for processing afferent (somatosensory)
information. Obviously, most of the PN patients developed hyperactivity of the somatosensory (2/3)
and cerebellar (3/4) system, which should be interpreted as an ineffective and excessive function of
these postural subsystems. Only one patient (ID 7; Table 4) developed suppression in both subsystems.

LOPD patients of this study also revealed balance deficiencies in visual and nigrostriatal regulation,
cerebellar regulation, and in the vestibular subsystem with various interactions between the subsystems.
This reflects the multi-systemic nature of Pompe disease since there are reports about cerebral [35,36]
and vestibulocochlear affections [37] in LOPD patients. However, visual function has not yet been
found when analyzed by evoked potentials [38]. Therefore, future research is necessary in this area.

When looking at the weak correlations between muscle strength, gait performance and balance in
the LOPD patients of this study, the impact of factors other than those tested is possible. High-quality
and frequent physiotherapy and individual training, as well as personal motivation, may result in
better compensation of gait disturbances and balance. Furthermore, it has to be considered that each
patient received physiotherapy in a non-standardized manner. Research has previously shown that
the application of whole body vibration training with an oscillating platform was beneficial in LOPD
patients for improving general muscle strength [39]. These authors speculated that this effect results
from the stimulation of muscle spindles that might lead to reflex contraction of extrafusal muscle
fibers [40]. However, influences of vibration on gait and posture have been shown to reduce the risk of
falls by a more multimodal approach (e.g., ankle joint motion, sensation of foot plantar surface and
fear) in older adults [41]. Finally, Corrado et al. [42] revealed that there is no research supporting
the effectiveness of rehabilitation protocols among LOPD patients. Corrado et al. [42] performed a
systematic review investigating current rehabilitation protocols for LOPD patients and concluded
that studies with larger sample sizes and higher quality are necessary to reduce the lack of evidence
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surrounding rehabilitative treatments. The extremely large gait performance differences within LOPD
patients (e.g., range of walking speed: 0.25–1.58 m/s; Table 2) and postural stability (e.g., range of ST:
11.7–57.5; Table 4) in our study may have also been a result of the small size of our cohort. At the
same time, these large performance differences within LOPD patients are reasons for individualized
physiotherapy. The gait and posturographic performances in some patients suggest that individualized
physiotherapy has the potential to improve gait and balance performance in LOPD patients and may
help prevent falls. As such, our study could be used as reference for future investigations using a lager
patient cohort with a standardized physiotherapeutic program that would ideally be tested using a
controlled randomized trial.

Another limitation of this study was that a lot of the LOPD patients did not have any experience
walking on a treadmill. Consequently, this fact may be responsible for any deviating gait analyses.
For this reason, we also conducted the mobile gait analysis in a more function environment in order
to ensure a valid gait analysis. Based on our experience, the self-selected speed on the treadmill is
typically slower than the speed used in a natural environment, because subjects feel more unstable
when walking on a treadmill. Anxiety or depression could have caused a negative influence on the
patient’s performance. These data were not obtained in the present study and should be analyzed in
further investigations.

5. Conclusions

This study found relevant impairment of gait and balance parameters in LOPD patients that
showed a wide variability between patients. Therefore, these results can only be partially explained
by reduced muscle strength as result of the underlying myopathy. Yet, there must be additional
regulatory systems that might be affected in the context of the multisystemic character of Pompe
disease and individual factors that were not analyzed in this study. The assessment of gait and posture
should be used for designing individual rehabilitation programs to improve the patient´s mobility.
These findings also allow for detailed follow-up analysis and as outcome measurements for future
medical and physiotherapeutic trials.
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Featured Application: Knee osteoarthrosis (OA) is a common orthopedic problem often surgically

treated using a high tibial osteotomy (HTO). Unfortunately, little is known regarding the effects

of HTO on postural stability and regulation. The purpose of our study was to provide a better

understanding of the underlying mechanisms of postural regulation, especially the potential

change in postural subsystems following HTO.

Abstract: Knee osteoarthrosis (OA) is a widespread orthopedic problem and a high tibial osteotomy
(HTO) is a common treatment to minimize degeneration of the affected compartment. The primary
aim of this study was to evaluate the postural regulation and stability among patients who underwent
HTO and rehabilitation. This prospective study included 32 patients (55.3± 5.57 years) diagnosed with
medial tibiofemoral OA. Each subject completed postural regulation and stability testing (Interactive
Balance System), as well as pain intensity (visual analogue scale) and quality of life questionnaires
(SF-36) prior to HTO (exam 1), and at six weeks (exam 2), twelve weeks (exam 3) and six months
(exam 4) post HTO. For postural comparison, all patients were matched (sex, age, height) with
asymptomatic subjects. Significant time effects (exam 1 vs. exam 4) were found for weight distribution
index (WDI; ηp

2 = 0.152), mediolateral weight distribution ηp
2 = 0.163) and anterior–posterior weight

distribution ηp
2 = 0.131). The largest difference (exam 3: ηp

2 = 0.251) and the most significant
differences to the matched sample were calculated for the stability indicator (exam 1: ηp

2 = 0.237;
exam 2: ηp

2 = 0.215; exam 3: ηp
2 = 0.251; exam 4: ηp

2 = 0.229). Pain intensity showed a significant
reduction (ηp

2 = 0.438) from exam 1 (50.7 ± 20.0 mm) to exam 4 (19.3 ± 16.0 mm). Physical pain
was the quality of life parameter with the largest improvement between exams 1 and 4 (ηp

2 = 0.560).
HTO allows patients to improve their mediolateral weight distribution, whereas postural stability is
consistently lower than in asymptomatic subjects. This surgery leads to marked improvements in
quality of life and pain.

Keywords: knee osteoarthrosis; surgery; posturography; postural subsystems; pain; quality of life

1. Introduction

For more than 25% of patients under the age of 70 years, knee osteoarthritis (OA) is a widespread
orthopedic problem [1]. Kurtz et al. [2] reported a predicted increase in prevalence to 40% between
2005 and 2030 for Western Europe and North America.

Appl. Sci. 2020, 10, 6517; doi:10.3390/app10186517 www.mdpi.com/journal/applsci
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High tibial osteotomy (HTO) is a well-established and often recommended surgical option for
medial compartment knee OA in patients with varus malalignment [3,4]. This surgical intervention
is indicated for varus deformities of 5◦ or greater in patients with cartilage defects and who are able
to defer total knee arthroplasty (TKA) [5,6]. HTO has been shown to reduce pain, improve function
and slow the progression of OA [7]. Previous research has investigated the effectiveness of using an
opening-wedge HTO to evaluate cartilage quality [8–11] and compared HTO and knee joint distraction
as an alternative surgical treatment for OA [6,12]. Bode et al. [5] compared the survival rates (defined
as the absence for need of reintervention) of patients with less than 5◦ varus deformity when treated
with autologous chondrocyte implantation and additional HTO compared to those treated with ACI
alone. Bastard et al. [13] investigated the influence of HTO on return to sport at one year postoperative
using the Tegner score (primary outcome) and quality of life questionnaire (SF-36).

Unfortunately, the effects of HTO on postural stability and regulation have received little attention.
Hunt et al. [14] found that standing balance in patients with OA is not significantly different following
HTO, but this was only assessed 12 months postoperative. Zhang et al. [15] evaluated the circadian
rhythm of balance control in patients with OA using posturography and found reduced postural
performance and pain in the morning compared to the early afternoon.

The current study is based on the longitudinal study design of Bartels et al. [16] with a postoperative
follow-up of six months. Four hypotheses were proved:

(1) Medial tibiofemoral OA and HTO will induce unbalanced mediolateral weight distribution;
(2) Postural stability will be reduced before and after HTO;
(3) After medial tibiofemoral OA/HTO and compared to healthy matched individuals the cerebellar

and somatosensory subsystem will display the largest changes;
(4) Pain perception and quality of life will significantly improve following HTO and rehabilitation.

2. Materials and Methods

2.1. Subjects

Thirty-two (84%) of an initial 38 included male patients completed all four examinations (exams).
For the statistical analysis, only data from these 32 participants were included (Table 1).

Table 1. Demographic and anthropometric characteristics of patients (exam 1, n = 32).

Sex, Male:Female 32:0

Age (year) 55.3 ± 5.57 (42.0–62.0)
Height (m) 1.80 ± 0.07 (1.70–2.01)
Weight (kg) 99.4 ± 13.4 (77.8–129.1)

Body mass index (kg/m2) 30.7 ± 3.65 (24.0–39.6)
Duration of pain (month) 28.3 ± 20.2 (4–96)

Affected side n = 12 left; n = 20 right

Dominant and non-dominant leg n = 13 left; n = 18 right
(1 subject did not indicate dominance)

Results reported as mean ± standard deviation (range).

No relation (Chi-Quadrat: 2.306, p = 0.129) was calculated between the side of diagnosis and the
side of the dominant or non-dominant leg. All included patients had moderate OA (Kellgren–Lawrence
grade: 3). Prior to data collection, all participants provided written consent to participate after being
informed of all study procedures and risks. The study was approved by the ethical committee of
Martin-Luther-University Halle-Wittenberg (approval number: 2018-66).

2.2. Measurement Set-Up

Figure 1 shows the prospective and longitudinal design used for this study. All patients had been
diagnosed with medial knee compartmental OA verified by MRI, arthroscopy of the knee and clinical
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check performed by an experienced (30–40 HTO surgeries yearly) orthopedist. Only one surgeon was
included in this examination to ensure the highest level of observation equality.

Figure 1. Flow chart of the longitudinal study design.

In total, 37 patients with symptomatic medial knee compartmental OA were initially (exam 1)
recruited between May 2018 and August 2019 in this single-center (SportsClinic Halle) controlled trial.
The following inclusion criteria were used:

• A body mass index (BMI) of less than 40 kg/m2 based on an age range from 18 to 70 years;
• A tibiofemoral angle of less than 10◦ of varus;
• Intact knee ligaments;
• An asymptomatic range of motion (minimum of 120◦ flexion);
• Chronic knee pain during rest and motion.

Patients with instability of the knee ligaments and contralateral knee OA requiring treatment
were excluded, as were those with primary patellofemoral OA, bi-compartmental OA, tibial or femoral
osteonecrosis and those with a history of an inflammatory rheumatic disease. The patients did not
participate in the study if they were unable to perform the balance tests (posturography) owing to pain
or limited motion of the lower limb [17].

Patients were assessed initially (exam 1) and then again postoperatively at six weeks (exam 2),
twelve weeks (exam 3) and six months (exam 4) (authors are currently investigating 2-year follow-up).
Between exam 1 and exam 2, the HTO surgery was conducted. The time between exam 1 and HTO
surgery was on average 6.38 ± 10.2 days (range: 0–40 days). Overall, 34% (11/32) of patients had
surgery and exam 1 on the same day; 22% (7/32) of patients had a time interval of at least seven days.
The primary reasons for these deviations were mostly organizational issues and the short-term illnesses
of patients. The aim of this study was to determine the long-term impacts of HTO and the subsequent
standardized rehabilitation and individual treatment (Figure 1, Table A1). All measurements were
performed at the same time of day and in a quiet room to minimize any disruptions during testing.

2.3. Surgery and Medication

The surgical procedure used consisted of a bi-plane medial-based opening-wedge HTO, including a
distal release of the superficial medial collateral ligament fibers. The aim was to shift the weight-bearing
line laterally, with the post-operative mechanical axis running laterally through the tibial plateau at
62% of its entire width (measured from the medial side) [6]. Only one surgeon (KB) was used for
all procedures to avoid any surgeon bias. The LOQTEQ Osteotomy Plate system (aap Implants Inc.
Dover, DE, USA) was used for fixation.

Using standing whole leg radiographs, the amount of needed correction was determined using
the Miniaci method [18]. The x-raying of the knee joint (bi-plane) was performed at two weeks and

199



Appl. Sci. 2020, 10, 6517

four weeks postoperatively in order to judge the process of bone healing. The axis control using
standing whole leg radiographs was only conducted preoperatively, because it had no impact on the
rehabilitation process.

Concerning medication, Mono-embolex (a low molecular heparin) was given for 20 days
postoperative to reduce the risk of thrombosis. Diclofenbeta and Imbun (non-steroidal anti-
inflammatory/antirheumatic drugs) were used for perioperative pain management (Diclofenbeta:
three times for three days and afterwards once per day until removing sutures; Imbun: if necessary,
one-two times per day). The pain management (Imbun) ended after a 20-day postoperative period.

2.4. Assessments

2.4.1. Posturography

Postural regulation and stability were measured using the Interactive Balance System (IBS, neurodata,
Vienna, Austria). This system provides a comprehensive and sufficient reference database of asymptomatic
subjects (n = 1724) stratified by age and gender [19]. The IBS is well established and commonly used in
scientific research, and considered as valid [20–23] and reliable [24–26]. For example, the intraobserver
reliability calculated by intraclass correlation coefficients moved from 0.71 to 0.95 for all parameter
and tests.

For a valid comparison with asymptomatic subjects, we performed a matched-pairs technique [16]
using the parameters age (p = 0.412), gender (p = 1.000) and body height (p = 0.272). For this reason,
recruitment of an asymptomatic control group was not necessary.

All participants were tested by the same investigator (MJ) on the vertical force platform (IBS).
All measurements were conducted at the same time of day and in a quiet room to minimize any
disruptions during testing.

The IBS consists of four independent force plates (acquisition frequency: 32 Hz, recording
time per trial: 32 s) in order to measure forefoot and heel forces separately. A detailed description
regarding parameters (including interpretation and explanation of functional frequency bands),
test positions/conditions and instructions for subjects has already been published [16,23,27,28].

2.4.2. Pain Assessment (Visual Analogue Scale)

To evaluate pain intensity of the affected limb, the Visual Analogue Scale (VAS) was used [29].
The VAS consists of a 100-mm line whose endpoints were declared as “no pain” (at 0 mm) and
“insupportable pain” (at 100 mm). The patients were asked before the posturography to locate the
level of pain on the line with a small vertical mark [15].

2.4.3. Quality of Life Assessment (SF-36)

Health-related quality of life (HRQL) was evaluated using the SF-36 questionnaire (German
version) [30,31]. Mc Horney et al. [32] reported an Intraclass correlation coefficient (ICC) of 0.85.
Psychometric validation of the German SF-36 revealed comparable results concerning reliability,
and construct validity with other European samples [30,31,33]. Based on 36 questions, eight different
subscales describing physical and mental health can be assessed. These subscales include Physical
Functioning (PF), Role Physical (RP), Bodily Pain (BP), and General Health (GH), which represent
the physical aspect, Vitality (VT), Social Functioning (SF), Role Emotional (RE), and Mental Health
(MH) represent the mental aspect. Finally, and in order to allow for interpretation and discussion of
the results of this study, a transformation of the subscales into a physical health component summary
score (PCS) and a mental health component summary score (MCS) was performed [34].

2.4.4. Statistics

An a priori power analysis (nQuery 4.0, Statistical solutions Ltd., Cork, Ireland) was performed to
determine the sample size using a two-sided hypothesis test at an alpha level of 0.05. In line with other
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authors [6,12] the sample size calculation was performed based on noninferiority using a power of
80%. Van der Woude et al. [6] recommended studies account for possible attrition and/or insufficient
data quality. Therefore, the sample size was increased by 15%.

For all parameters, mean, standard deviation, 95% confidence intervals were reported. In the
run-up to the inference statistical analyses, all variables were tested for normal distribution (Shapiro–
Wilk Test). Mean differences between exams (1–4) and groups (HTO patients vs. matched subjects)
were tested using a one-factorial (time or group) univariate general linear model. The variance analysis
was divided into three parts according to and described in detail in Bartels et al. [16].

The critical level of significance was adjusted using the Bonferroni correction. After this correction,
a significance level (p) of 0.05 was divided by the number of posturographic tests (9). Differences
between means were considered as statistically significant if p values were <0.006 or partial eta squared
(partial-η2 (ηp

2)) values were greater than 0.10 [35].
All statistical analyses were performed using SPSS version 25.0 for Windows (SPSS Inc., Chicago,

IL, USA).

3. Results

3.1. Normal Distribution and Variance Homogeneity

Only the variable BMI (p = 0.063) had a normal distribution. Regarding variance homogeneity,
one parameter (stability indicator: p= 0.005) did not show variance homogeneity. Otherwise, all p-values
were higher than 0.078 (synchronization) indicating that the variances from all other variables were
not significantly different.

No significant differences between patients and asymptomatic references were calculated for age
(p = 0.412, ηp

2 = 0.011) and height (p = 0.272, ηp
2 = 0.019). In contrast, significant mean differences

were detected for weight (p = 0.001, ηp
2 = 0.152) and BMI (p = 0.007, ηp

2 = 0.110). The body weight for
the patients was clearly higher (patients: 99.4 ± 13.4 kg vs. reference group: 88.4 ± 13.1 kg) than for the
reference group and was stable over the six-month period (p = 0.567, ηp

2 = 0.018).

3.2. Longitudinal Analysis

Longitudinal analysis within the HTO patients can be viewed in Tables 2 and 3, and in Figures 2–4.
For posturographic parameters, we only found a significant main effect for time (preoperative vs.
six months post-operation) in weight distribution index (WDI) (Table 2; Figure 3B).

201



Appl. Sci. 2020, 10, 6517

T
a

b
le

2
.

D
es

cr
ip

ti
ve

co
m

pa
ri

so
n

of
fiv

e
ex

am
in

at
io

ns
an

d
an

al
ys

is
of

va
ri

an
ce

,c
al

cu
la

ti
on

of
eff

ec
ts

iz
e

(η
p

2 )o
nl

y
fo

r
bi

la
te

ra
lp

os
tu

ro
gr

ap
hi

c
pa

ra
m

et
er

s
(n
=

32
).

G
re

y
m

ar
ke

d
th

e
de

sc
ri

pt
iv

e
va

lu
es

(m
ea

n
±s

ta
nd

ar
d

de
vi

at
io

n
in

co
lu

m
n

1)
an

d
fo

ur
cr

os
s-

se
ct

io
na

lc
om

pa
ri

so
ns

w
it

h
th

e
re

fe
re

nc
e

m
at

ch
ed

sa
m

pl
e

(p
/η

p
2 ).

P
a

ra
m

e
te

r

E
x

a
m

in
a

ti
o

n
s

(E
x

a
m

)
V

a
ri

a
n

ce
A

n
a

ly
si

s

E
x

a
m

1
P

re
o

p
e

ra
ti

v
e

E
x

a
m

2
6

W
e

e
k

s
P

o
st

o
p

e
ra

ti
v

e

E
x

a
m

3
1

2
W

e
e

k
s

P
o

st
o

p
e

ra
ti

v
e

E
x

a
m

4
6

M
o

n
th

s
P

o
st

o
p

e
ra

ti
v

e

C
o

m
p

a
ri

so
n

o
f

E
x

a
m

1
v

s.
E

x
a

m
4

C
o

m
p

a
ri

so
n

o
f

A
d

ja
ce

n
t

E
x

a
m

s

M
a

tc
h

e
d

S
a

m
p

le
p

η
p

2
η

p
2

V
is

ua
la

nd
N

ig
ro

st
ri

at
al

18
.4
±5

.4
4

20
.9
±2

2.
1

21
.6
±2

2.
0

1
7

.7
±

5
.0

7
0.

63
5

0.
01

4
-

16
.6
±6

.4
4

0.
21

3/
0.

02
5

0.
28

9/
0.

01
8

0.
22

0/
0.

02
4

0.
43

1/
0.

01
0

re
fe

re
nc

e
m

at
ch

ed
sa

m
pl

e
Pe

ri
ph

er
al

-v
es

ti
bu

la
r

10
.3
±3

.1
3

9.
78
±2

.1
5

9
.6

5
±

2
.0

0
9.

93
±2

.0
1

0.
14

5
0.

05
9

-
9.

67
±3

.4
6

0.
41

6/
0.

01
1

0.
87

2/
0.

00
0

0.
98

3/
0.

00
0

0.
70

8/
0.

00
2

re
fe

re
nc

e
m

at
ch

ed
sa

m
pl

e
So

m
at

os
en

so
ry

4.
81
±1

.5
0

4
.4

8
±

1
.3

5
4.

62
±1

.1
7

4.
62
±1

.3
6

0.
11

4
0.

06
2

1
vs

.2
(0

.1
52

)
4.

18
±1

.3
9

0.
08

6/
0.

04
7

0.
38

2/
0.

01
2

0.
17

5/
0.

02
9

0.
19

8/
0.

02
7

re
fe

re
nc

e
m

at
ch

ed
sa

m
pl

e
C

er
eb

el
la

r
0

.9
0
±

0
.2

7
0.

91
±0

.3
0

0.
91
±0

.2
4

0.
93
±0

.3
2

0.
81

0
0.

00
8

-
0.

75
±0

.2
2

0.
01

5/
0.

09
2

0.
01

7/
0.

08
8

0
.0

0
5
/0

.1
1

8
0

.0
1

0
/0

.1
0

3
re

fe
re

nc
e

m
at

ch
ed

sa
m

pl
e

St
ab

ili
ty

in
di

ca
to

r
27

.1
±8

.5
9

26
.3
±8

.0
3

26
.5
±7

.3
1

26
.7
±8

.2
0

0.
72

8
0.

01
2

-
19

.2
± 5

.4
0

<
0

.0
0

1
/0

.2
3

7
<

0
.0

0
1
/0

.2
1

5
<

0
.0

0
1
/0

.2
5

1
<

0
.0

0
1
/0

.2
2

9
re

fe
re

nc
e

m
at

ch
ed

sa
m

pl
e

W
ei

gh
td

is
tr

ib
ut

io
n

in
de

x
6.

60
±1

.7
8

7.
13
±2

.2
6

6.
01
±2

.0
5

6.
01
±2

.0
9

0
.0

0
3

0
.1

5
2

2
vs

.3
(0

.2
97

)
6.

11
±3

.8
0

0.
51

3/
0.

00
7

0.
19

8/
0.

02
7

0.
89

6/
0.

00
0

0.
89

7/
0.

00
0

re
fe

re
nc

e
m

at
ch

ed
sa

m
pl

e
Sy

nc
hr

on
iz

at
io

n
62

2
±1

08
58

9
±1

42
61

0
±1

36
6

2
8
±

1
4

3
0.

39
0

0.
03

1
-

62
3
±1

57
0.

97
8/

0.
00

0
0.

36
8/

0.
01

3
0.

72
2/

0.
00

2
0.

90
1/

0.
00

0
re

fe
re

nc
e

m
at

ch
ed

sa
m

pl
e

A
nt

er
io

r–
po

st
er

io
r

5
.3

0
±

8
.1

6
7.

54
±6

.9
3

5.
81
±6

.9
1

7.
44
±6

.5
7

0.
03

1
0.

09
5

1
vs

.2
(0

.1
70

)
3

vs
.4

(0
.1

24
)

0.
58
±1

0.
7

0.
05

1/
0.

06
0

0
.0

0
3
/0

.1
3

4
0.

02
3/

0.
08

0
0

.0
0

3
/0

.1
3

4
re

fe
re

nc
e

m
at

ch
ed

sa
m

pl
e

M
ed

io
la

te
ra

l
−0

.3
5
±5

.4
2

−0
.1

9
±7

.9
3

−0
.2

6
±5

.2
7

−0
.5

8
±4

.1
3

0.
96

6
0.

00
2

-
0.

31
±5

.5
5

0.
62

8/
0.

00
4

0.
76

9/
0.

00
1

0.
67

5/
0.

00
3

0.
46

9/
0.

00
8

re
fe

re
nc

e
m

at
ch

ed
sa

m
pl

e

V
al

ue
s

ar
e

gi
ve

n
as

m
ea

n
±s

ta
nd

ar
d

de
vi

at
io

n.
Si

gn
ifi

ca
nc

e
le

ve
l:

p
<

0.
00

6
or

η
p

2
≥0

.1
0.

Si
gn

ifi
ca

nt
di
ff

er
en

ce
s

an
d

pe
rf

or
m

an
ce

m
ax

im
a

m
ar

ke
d

in
bo

ld
.

202



Appl. Sci. 2020, 10, 6517

Figure 2. (A–D) Longitudinal changes of the postural subsystems compared with the matched reference
sample based on percentile (P25, P50, P75) analysis. Total effects and relevant (ηp

2 ≥ 0.10) partial effects
are reported.

Figure 3. Cont.
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Figure 3. (A–C) Longitudinal changes of bilateral (stability indicator (ST) weight distribution index
(WDI); synchronization (Synch)) posturographic parameters compared with the matched reference
sample based on percentile (P25, P50, P75) analysis. Total effects and relevant (ηp

2 ≥ 0.10) partial effects
are reported.

The WDI was the parameter with the largest improvement (ηp
2 = 0.152) over the total time of the

investigation. The HTO induced a short-term enhancement of the forefoot load (exam 1: 54.2 vs. exam
2: 57.2%, ηp

2 = 0.272; Table 3, Figure 4A) and the load of the unaffected side (left-sided load, injury on
the right side: exam 1: 52.9 vs. exam 2: 54.5%; Table 3).
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Figure 4. (A,B) Longitudinal changes of unilateral (heel, left) posturographic parameters compared
with the matched reference sample based on percentile (P25, P50, P75) analysis for the patients with
right-sided injury (n = 20). Total effects and relevant (ηp

2 ≥ 0.10) partial effects are reported.

The highest time effects between adjacent examinations (patients with left-sided injury) were
detected for the mediolateral weight distribution between exam 2 vs. exam 3 postoperatively
(ηp

2 = 0.636) and exam 2 vs. exam 4 (ηp
2 = 0.486; Table 3). From exam 2 to exam 3, both subsamples

showed the largest improvements (left-sided injury: 4.8%, ηp
2 = 0.636; right-sided injury:

2.8%, ηp
2 = 0.420) concerning the mediolateral weight distribution in the sense of a more powerful

balance. Concerning postural regulation, no postural subsystems showed main effects for time (Table 2).
There was only one partial time effect for the somatosensory subsystem between exam 1 (4.81 ± 1.50)
and exam 2 (4.48 ± 1.35) detected (ηp

2 = 0.152).

3.3. Cross-Sectional Analysis—Comparison of HTO Patients with Matched Subjects

The comparison of HTO patients with matched individuals can be viewed in Tables 2 and 3,
and in Figures 2–4. The largest difference (exam 3: ηp

2 = 0.251) to the matched sample was calculated
for the stability indicator (ST, Figure 3A). The most (4) significant differences to the matched sample
were also observed for ST (preoperative: ηp

2 = 0.237; exam 2: ηp
2 = 0.215; exam 3: ηp

2 = 0.251; exam 4:
ηp

2 = 0.229; Table 2).
At six months post-HTO, the mediolateral load distribution moved on the “healthy” level

(Figure 4B, Table 3). In contrast, the postural stability, measured by stability indicator was completely
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outside (above the percentile 75) the interquartile range of the healthy subjects (Figure 3A).
The peripheral–vestibular system (Figure 2B) was the postural subsystem with the smallest difference
to the median of the healthy subjects over the whole six-month period. Conversely, the activity of the
cerebellar system (Figure 2D) was consistently above the 75th percentile of the healthy subjects for
all examinations. Two significant differences (twelve weeks postoperative: ηp

2 = 0.118; six months
postoperative: ηp

2 = 0.103) compared with the matched subjects were observed. The somatosensory
system (Figure 2C) showed a similar pattern, but without significant differences at any examination.

3.4. Comparison of Patients Depending on the Side of Injury/HTO

A significant rise in mediolateral weight distribution was observed on the injured side after HTO
(Table 3). This effect was much stronger in the patients with left-sided injury (exam 1 vs. 4: ηp

2 = 0.547
vs. ηp

2 = 0.163). Simultaneously, this was one of the largest observed main time effects. The left-side
load in the HTO left-sided injury patients was the only parameter with significant changes in all three
postoperative observation periods (Table 3). A peak was calculated between exam 2 and 3 (ηp

2 = 0.636).
In contrast, the changes concerning anteroposterior weight distribution were much lower in both
patient groups, especially for the left-sided HTO injury patients (exam 1 vs. 4: ηp

2 = 0.051 vs. 0.131).
At six months post-operation, there was still an enhanced forefoot load (59 and 57%; Table 3) with the
same difference (1.5%) between exam 1 and 4 for both patient groups.

3.5. Pain Assessment (VAS)

Pain perception over the entirety of the study (Figure 5) sharply decreased (main time effect:
p < 0.001, ηp

2 = 0.438), especially from exam 1 to exam 2 (50.7 ± 20.0 vs. 33.9 ± 17.1; ηp
2 = 0.339).

 

Figure 5. Descriptive, longitudinal changes for visual analogue scale (VAS), analysis of variance and
calculation of effect size (ηp

2). Total effects and relevant (ηp
2 ≥ 0.10) partial time effects are reported.

Significant changes were found for all investigated time intervals with the smallest significant
difference displayed between exams 3 and 4 (26.2 ± 16.8 vs. 19.3 ± 16.0; ηp

2 = 0.119).

3.6. Quality of Life Assessment (SF-36)

With the exception of mental health (ηp
2 = 0.016), all other subscales showed significant

improvements (Table 4).
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The smallest significant change was calculated for emotional role functioning (ηp
2 = 0.126).

In contrast, bodily pain displayed the largest improvement (ηp
2 = 0.560), especially between exams 2

and 3 (37.2 ± 14.7 vs. 57.3 ± 15.2; ηp
2 = 0.562). The physical role functioning was the only subscale with

significant improvements between all examinations. Similar to bodily pain, the largest change was
observed between exams 2 and 3 (12.5 ± 23.8 vs. 57.0 ± 42.7; ηp

2 = 0.500). After a postoperative period
of six weeks, the standard deviation was clearly higher than the mean (coefficient of variation: 190%).
It was the only quality of life parameter with a coefficient of variation above 100% at any examination.

4. Discussion

The primary objective of this prospective, longitudinal (preoperative to six months postoperative)
cohort study was to evaluate the effect of HTO and subsequent rehabilitation on load distribution
postural stability and postural regulation. Regarding posturography, the cross-sectional comparison
with asymptomatic matched individuals was also performed. Additionally, the parameters quality of
life and pain perception were also investigated.

Our results supported hypothesis one indicating that the HTO leads to a strong weight relief
of the injured side. Improvement of the mediolateral weight distribution needs at least a six-month
postoperative period. After medial knee compartmental OA and HTO postural stability is strongly
reduced (hypothesis two). The largest posturographic changes during the six-month investigation
period were calculated for weight distribution (ηp

2 = 0.152). As expected, the mediolateral weight
distribution (left-sided injury: ηp

2 = 0.547; right-sided injury: ηp
2 = 0.163) showed the largest

improvements. Consistently, the largest differences (exam 1–4: 29–33%) and highest activity
(hyperactivity/compensation) compared with the matched asymptomatic subjects (reference: median),
were observed in cerebellar system after HTO (hypothesis three). A similar hyperactive pattern was
found for the visual and nigrostriatal system during exam 2 (35%) and exam 3 (39%). At exam 4,
these postural subsystems showed the smallest difference (14%) of all postural subsystems according
to the median of the matched subjects.

The peripheral–vestibular system consistently showed the smallest differences (exam 1–4: 14–22%)
compared to the matched subjects and lowest activity directly (exam 2: 16%) after HTO. In contrast
to the postural stability and regulation, pain perception (main time effect: ηp

2 = 0.438) and the
physical health component of quality of life ηp

2 = 0.573) were strongly improved following HTO and
subsequent rehabilitation. In particular, the subscales bodily pain (ηp

2 = 0.560), physical functioning
(ηp

2 = 0.451) and physical role functioning (ηp
2 = 0.446) showed the largest longitudinal improvements

(hypothesis four).

4.1. Weight Distribution and Postural Stability

The comparability of our results with previous studies is limited because we used different
assessments to measure postural stability. For example, Hunt et al. [14,36] used the single leg stand on a
force platform to judge the balance of patients with OA (n= 49) prior to and 12 months following medial
opening wedge HTO. In line with our longitudinal study design, they also found only small (d < 0.34)
and not significant (p > 0.05) changes regarding center of pressure and standing balance following
HTO. As in our study, these patients showed a reduction in pain as quantified by the WOMAC despite
no changes in standing balance [14]. Hunt et al. [36] found that the amount of varus malalignment was
inversely related to single-legged standing balance. Presumably, neuromuscular control is reduced
in the presence of this malalignment. The authors discussed a reduced joint innervation or muscle
reflexes as possible causes [37]. It seems, that asymptomatic subjects with varus alignment exhibit
more changed postural control strategies than subjects with neutral alignment [38]. Kim et al. [39] also
used the IBS and investigated 80 patients with primary OA, classified by the Kellgren–Lawrence score
(mild vs. moderate to severe) and 40 age-matched controls. These authors detected a higher postural
sway of the moderate to severe group compared to those of the mild or control groups.
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4.2. Postural Regulation and Subsystems

Kim et al. [39] showed a larger amount of instability in their moderate-to-severe primary OA group
than the mild or control groups except for the somatosensory and cerebellar systems. They deduced
that moderate-to-severe patients with knee OA depend on their eyesight in order to compensate for
their postural instability. The calculated values for all frequency bands were much higher comparable
with this study and Bartels et al. [16].

Following ACL rupture and surgical reconstruction and consistent with our study, Bartels et al. [16]
observed the largest reductions of postural subsystems for the somatosensory (consistently below the
healthy median reference) and cerebellar systems. However, in contrast to Bartels et al. [16] we detected
a hyperactivity in both systems (consistently above the healthy interquartile range; Figure 2C,D) and not
a suppression, especially at six-months post-operation. Obviously, these types of lower limb surgeries
would have completely different effects concerning postural subsystems. The change of somatosensory
information, potentially caused by mechanoreceptor damage (e.g., HTO surgery), may subsequently
lead to a reduction of postural stability and regulation [40]. Both investigations are examples and proofs
for the neuroplasticity of biological systems and the model of selective compensatory optimization.
For example, the relation between the somatosensory system and the spinocerebellum system, which is
responsible for processing the afferent (somatosensory) information is very close. The relationship
between the peripheral–vestibular system and the vestibulocerebellum system is comparable. In this
context, the hyperactive effects are caused by reduced activity of other postural systems, in this case
particularly the peripheral-vestibular system (consistently below the healthy percentile 75; Figure 2B).
Brandt et al. [41] demonstrated that knee osteoarthritis (OA) causes changes not only in the tissues
within the articular cavity, but also the ligaments, tendons, and periarticular tissues including the
muscles. Furthermore, patients with knee OA have deficiencies in the number of sensory receptors
and therefore their proprioception compared to similar age controls Barrett et al. [42].

At six-months post-HTO, postural regulation returned to an asymptomatic level for mediolateral
weight distribution. The cross-sectional comparison to asymptomatic subjects at all examinations
showed that OA and HTO led to hyperactivity of the cerebellar and somatosensory systems and
postural instability. Obviously, the subsequent rehabilitation was not able to improve postural
regulation and stability. This investigation provides further insight into the underlying mechanisms
of postural regulation and in the understanding of the interaction of postural subsystems. Future
research examining postural stability after one- and two-year postoperative periods will provide
a subsequent midterm and long-term evaluation of surgery and rehabilitation. It is possible that
improvements in postural stability and regulation need longer than six-months to occur. In relation to
other studies [17,49], we wanted to establish a more holistic approach instead of the frequently used
isolated orthopedic view (flexibility, strength, pain).

4.3. Clinical Outcomes

Previous research has shown the effectiveness of uni-compartmental arthrosis for joint-preservation.
Floerkemeier et al. [43] described a multicenter study with a large patient population (n = 533). Of these
patients, 80% were very satisfied with the result of the surgery, in relation to knee pain and function.
Insall et al. [44] reported that over a 10-year period, until conversion to a prosthesis, HTO should be
considered for more physically active patients and has better results with advanced implants. According
to the Finnish National Hospital Discharge Register (NHDR), the survival rate for 3195 knee-related
reconversion osteotomies was 89% over 5 years and 73% over 10 years [45]. Naudie et al. [46] reported
slightly lower survival rates of 73% after 5 years, 51% after ten years, 39% after 15 years and 30% after
20 years.
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4.4. Pain Situation and Quality of Life

Van der Woude et al. [6] compared the efficacy of knee joint distraction (n = 23) and HTO
(n = 46). In line with our results, these authors found significant improvements for the HTO group
in the VAS pain score (p = 0.006) and physical component of SF 36 (p = 0.024) one year after surgery.
Bastard et al. [13] evaluated return to sports and quality of life after HTO in athletic patients less than
60 years of age. The patients had the same age (mean age: 55.6 years) as our patients (mean age:
55.3 years) and in line with our results, they observed a significant improvement (p = 0.01) in quality
of life pre-operatively (65%) compared with one year postoperatively (73%). In this time interval,
the SF-36 physical sub-score also increased significantly (p = 0.02) from 59 (55–63) to 67 (58–72).
However, the level of quality of life was consistently higher than in our investigation (from 59 to 67
vs. 30 to 45). However, this comparison is only valid for the preoperative evaluation because the
postoperative examination is (still) different (one-year vs. six-months). Bonnin et al. [7] reported
a similar level of quality of life (SF-12 physical score: 53.6 ± 9.7) for a non-selected population of
HTO patients (closing-wedge HTO: n = 88; opening-wedge HTO: n = 51) as in our study to exam 4
(45.0 ± 6.36). Ihle et al. [34] examined the health-related quality of life (assessment: SF-36) in patients
(n = 120) after HTO. In line with our study, they also found significantly longitudinal (after 6, 12 and
18 months postoperatively) improvements in the physical score (p < 0.001) in contrast to small changes
in the mental score of the SF-36 (p = 0.360). The amount of improvement (13.6 vs. 9.3) over the time
(six months) in the physical score was much higher in our study compared those of Ihle et al. [34].
Saier et al. [47] also observed a significant increase in health related quality of life (SF-36) and decrease
in pain (VAS; p < 0.001; ηp

2 = 0.4) among patients (n = 64) after open-wedge high tibial osteotomy across
the same time period of six months. The improvements in the physical score (p < 0.001; ηp

2 = 0.4)
of the SF-36 were also much higher than in the mental score (p = 0.008, ηp

2 = 0.1). Webster and
Feller [48] reported an increase in the physical scores of patients (n = 414) with knee OA before surgery
and at a minimum of 12 months following knee replacement (33.6 to 45.6). In contrast, the change
regarding the mental score was clearly smaller (52.2 to 55.1). We hope that our future investigations
(one year and two years postoperative) will provide further insight into the long-term outcomes after
HTO and rehabilitation. In summary, the HTO and the subsequent rehabilitation led to a significant
improvement of the physical component of the quality of life. However, the mental part of the quality
of life remained unaffected.

4.5. Limitations

Our prospective cohort study has some limitations worth noting. First, we had a relatively small
sample size (n = 32). Initially, we recruited 37 patients. In the interest of a homogeneous sample
(only men to avoid sex effects), we decided to eliminate three women (exam 2: n = 34). Between exams
3 and 4, two additional patients dropped out of the study, because they did not want to continue
(exam 4: n = 32).

Although our patients conducted a standardized rehabilitation program (Table A1), a limiting
factor in this examination was that the investigators had no direct influence on the rehabilitation process.
Therefore, we are not able to guarantee that each protocol was realized completely as recommended.
In addition, there was no uniform standardized treatment 16 weeks after surgery as the patients
were discharged from clinical surveillance. Comparable to the study design by Bartels et al. [16],
the longitudinal comparison is limited due to the different temporal durations between the four
examinations (e.g., six weeks, twelve weeks, six months). Consequently, the longest time interval
(twelve weeks) from exam 3 to 4 was supposed to have the highest potential for changes.

In regards to the time periods of the postoperative examinations, there were small differences
compared to the targeted time points: exam 1 (preoperative) occurred 6.38± 10.2 (0–40) days preoperatively,
exam 2 (six weeks) occurred 41.8 ± 5.11 (33–53) days postoperatively, exam 3 (twelve weeks) occurred
88.3 ± 20.3 (74–193) days postoperatively, and exam 4 (six-months) occurred 182 ± 12.1 (137–203)
days postoperatively.

211



Appl. Sci. 2020, 10, 6517

Essentially, we were not able to guarantee a precise realization of the timeline. Preoperatively,
69% (n = 22) of the patients were examined between 0 and 5 prior to surgery. Based on a time interval
of three days around the ideal time point, 66% (n = 21, exam 2), 44% (n = 14, exam 3) and 31% (n = 10,
exam 4) of the patients were tested in this time window.

5. Conclusions and Clinical Implications

From a clinical perspective, the findings of this investigation indicate that HTO patients do not
present with improvements in postural performance following surgery and rehabilitation. Therefore,
similar to ACL surgery and rehabilitation [16], the rehabilitation program should implement unexpected
disturbances in order to improve feedforward mechanisms. This could contribute to improvements in
the somatosensory and cerebellar systems. For example, Bartels et al. [49] described and examined a
rehabilitation concept using unexpected cues that cause a response time of less than 200 ms five-months
after an ACL reconstruction. The study results identified the IBS as a scientific evaluation and a
useful posturographic assessment in terms of HTO surgery and following rehabilitation. The center of
pressure measurement using IBS allows for a functional distinction in postural stability of HTO patients
and asymptomatic subjects. Based on these study results and our extensive experiences, the IBS might
support the work of physicians and physical therapists and adjust rehabilitation demands in a more
precise and evidence-based way.

The outcomes of this investigation indicate that patients with medial tibiofemoral osteoarthrosis
have deficits in postural stability and regulation. HTO and rehabilitation is not able to generate
substantial improvements in these parameters during the observed period of six months. Sole overload
of the injured side foot decreased significantly over the six months after HTO. In contrast, pain perception
and quality of life (physical component) significantly improved after HTO and rehabilitation.
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Appendix A

Table A1. Phases (Ph) of rehabilitation after HTO.

Ph Week Goals and Content

1 1

• Aim: pain relief, no effusion, pain free Range of Motion (ROM)
• Immediately: postoperative treatment with cryotherapy
• Constant support with an orthopedic splint (Listra)
• First day: removal of the drainage
• Manual lymphatic drainage (2–3 times per week)
• Partial weight bearing with crutches (20 kg)
• Fourth day: change of bandages

2 2

• Aim: pain free full ROM, partial weight bearing, safe muscular stabilization of knee joint
• Suture removal and change of bandages
• Manual lymphatic drainage (2–3 times per week)
• Partial weight bearing with crutches (20 kg)
• Isometric exercises with special regard to knee extension ROM
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Table A1. Cont.

Ph Week Goals and Content

3 3–10

• Aim: pain free full ROM, pain-adapted full weight bearing, safe muscular stabilization of knee joint
• Fourth week: physical therapy (strength and endurance)
• X-ray
• Intense rehabilitation in clinic or institution if desired by patient

4 11–15 • Aim: recovery of full general function
• X-ray if necessary

5 16st week
and later

• Aim: Restoration of full working or sports ability
• Patient receives instructions/recommendations for further independent training (without

therapist) related to their specific sport or occupation
• Patient should return to work or competitive sport after 4–6 months
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Abstract: The design and ratio of the cortico-cancellous composition of allograft spacers are associated
with graft-related problems, including subsidence and allograft spacer failure. Methods: The study
analyzed stress distribution and risk of subsidence according to three types (cortical only, cortical
cancellous, cortical lateral walls with a cancellous center bone) and three lengths (11, 12, 14 mm)
of allograft spacers under the condition of hybrid motion control, including flexion, extension,
axial rotation, and lateral bending,. A detailed finite element model of a previously validated,
three-dimensional, intact C3–7 segment, with C5–6 segmental fusion using allograft spacers without
fixation, was used in the present study. Findings: Among the three types of cervical allograft spacers
evaluated, cortical lateral walls with a cancellous center bone exhibited the highest stress on the cortical
bone of spacers, as well as the endplate around the posterior margin of the spacers. The likelihood
of allograft spacer failure was highest for 14 mm spacers composed of cortical lateral walls with a
cancellous center bone upon flexion (PVMS, 270.0 MPa; 250.2%) and extension (PVMS: 371.40 MPa,
344.2%). The likelihood of allograft spacer subsidence was also highest for the same spacers upon
flexion (PVMS, 4.58 MPa; 28.1%) and extension (PVMS: 12.71 MPa, 78.0%). Conclusion: Cervical
spacers with a smaller cortical component and of longer length can be risk factors for allograft spacer
failure and subsidence, especially in flexion and extension. However, further study of additional
fixation methods, such as anterior plates/screws and posterior screws, in an actual clinical setting
is necessary.

Keywords: cervical spine surgery; allograft spacer; subsidence; finite element model

1. Introduction

The incidence of degenerative cervical spine diseases (DCSD) was varied from 1684 to 1767 per
100,000 population stratified according to disease codes in the Republic of Korea from 2012 to 2016 [1].
In the USA, the incidence of surgery for DCSD rose by almost 150% over the last three decades and
stabilized at slightly over 70 operations/100,000 people [2]. The mean age at surgery was 53.3 years,
and women underwent 44.4% of all cervical spine surgeries [2]. Anterior cervical discectomy and
fusion (ACDF) is a standard treatment for DCSD [3,4]. Instead of using tricortical autologous bone
grafts and titanium polyetheretherketone cages [3,5–8], cervical allograft spacers have been commonly
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utilized because of their absence of donor site morbidity and physical properties that are similar to
those of the natural vertebral body [3,9–11]. A few studies have examined the biomechanical stability
of allografts compared with autografts using cadaveric cervical spines; [10]. however, no study has
examined allograft spacers and the risk of subsidence on endplates.

From a biomechanical point of view, the design and ratio of cortico-cancellous composition
of allograft spacers have been shown to be associated with graft-related problems, including
subsidence and allograft spacer failure, leading to breakage and dislodging in clinical settings [12,13].
The present study used finite element model (FEM) analysis to investigate the associations of different
cortico-cancellous ratios of cervical allograft spacers with physical stress on the spacers and with
subsidence risk on the endplate and vertebral body in involved spinal segments. All experiments were
conducted under the condition of hybrid motion control, including flexion, extension, axial rotation,
and lateral bending.

2. Materials and Methods

2.1. FEM of an Intact Cervical Spine

A previously validated, three-dimensional, intact model of a C3–7 segment from a 54-year-old
male was used for the present study [14,15]. The geometrical data of the multi-segmental cervical
model were reconstructed from computed tomography (CT) images. Axial CT scans were obtained
with a slice thickness of 0.5 mm and a pixel width of 0.429 mm.

The material properties were selected from the published literature (Table 1). The detailed FEM
included vertebral bodies, bony posterior elements, intervertebral discs, and six major groups of
ligaments: anterior longitudinal, posterior longitudinal, ligament flavum, facet capsular, interspinous,
and supraspinous. The origins and insertions of these ligaments were obtained from a morphological
study. The spinal ligaments adopted the nonlinear load-displacement property for the physiological
nonlinear behavior of the ligaments [14,16]. The vertebral body consisted of an outer shell of high
strength cortical bone reinforced internally by cancellous bone and had an average thickness of
0.5 mm in both cancellous bone and endplates [17]. 3D hexahedral element (eight-node brick) were
used as vertebral body-disc structures and posterior element of which material properties were
assumed to be homogeneous and isotropic [18–21]. However, the structures of interface between
implant and vertebral body were remeshed to 3D tetrahedron (four-node brick) for element refining
at interest site. The region of interest between implants and the bone-implant interface was set up
using different element sizes that could be distinguished from other parts (implant and periphery,
element size = 0.5 mm; the others, 2 mm). Region of interest between implants and the bone-implant
interface were set up using different element sizes that could be distinguished from other parts
(implant and periphery, element size = 0.5 mm; the others, 2 mm) The mesh convergence in the present
study was decided among varying element sizes ranging from 0.5 to 2.0 mm. With an element size
of 0.5 mm, the peri-implant converged properly. Finally, a 0.5 mm element size was applied in our
surgical model for the translation of experimental results. No unusual stress patterns were observed in
this study for this setting.

The intervertebral disc was modeled as a fiber-reinforced structure surrounding the incompressible
inviscid nucleus pulposus. The reinforcement structure annulus fibers were modeled by truss elements
with modified tension-only properties, with an orientation of about 25◦ [19,22]. The facet joint was
oriented at 45◦ from the horizontal plane, where the initial surface gaps between each facet region was
assumed to be 0.5 mm based upon CT imaging. The facet joint was oriented at 45◦ from the horizontal
plane, where initial surface gaps between each facet region are assumed to be 0.5 mm based upon CT
imaging. The interaction of facet joints worked toward increasing the contact force with the narrowing
initial gap distance between the upper and lower facet surfaces [22]. The segmental angular measures
used to create the lordotic curve for the model were as follows: C3–4, 4.35◦; C4–5, 1.87◦; and C5–6,
3.94◦ [23]. For this study, the general-purpose FEA package ABAQUS (Abaqus 2017, Dassault Systèmes
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Simulia Corp., Providence, RI, USA.)- the non-linear geometry parameter (NLGEON=ON) in ABAQUS
step module was used.

Table 1. Peak stress levels of motion in the motion model.

Component Name Young’s Modulus (MPa) Poisson’s Ratio Ref.

Cortical bone 12,000 0.3 [22]

Cancellous bone 100 0.29 [18]

Posterior element 3.500 0.29 [16]

End plate 500 0.4 [19]

Annulus matrix 4.2 0.45 [19]

Annulus Fibers 500 Cross-sectional Area 0.1 (mm2) [20]

Nucleus pulposus 1.0 0.499 (Incompressible) [19]

2.2. Allograft Spacer Model

The geometries of a cortical cervical spacer (cortical only: CO; DCI Donor Services Tissue Bank,
Nashville, TN, USA), a cortical cancellous cervical spacer (cortical cancellous: CC; DCI Donor Services),
and a CornerstoneTM ASR (cortical lateral walls with a cancellous center bone: CLC; Medtronic
Sofamor Danek, Memphis, TN, USA) were constructed based on measuring the allograft spacer using
SolidWorks CAD drawings (Solidworks 2013, Dassault systemes Solidworks Corporation, Waltham,
MA, USA) (Figure 1, Table 2) and imported into Abaqus (Abaqus 2017, Dassault Systèmes Simulia
Corp., Providence, RI, USA) for meshing. The size of three different allograft spacers was meshed
0.5 mm. And then, the interface behavior, such as CC and CLC, between cortical bone and cancellous
bone of the allograft spacer was accomplished through a “tie” contact condition.

Figure 1. Design of allograft spacers. Length and position of allograft spacers. (A) Anterior cortical bite
positioning of allograft spacers (B) Types of allograft spacers: CO, cortical only; CC, cortico-cancellous;
CLC, cortical lateral walls with a cancellous center bone, in that order. (C) Schema of the nutcracker
mechanism upon flexion and extension in anterior cortical bite positioning of allograft spacers.
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Table 2. Cortical-cancellous bone ratio of allospacers.

Cortical only Cortico-Cancellous
Cortical lateral Walls

with a Cancellous Center Bone

Cortical Cancellous Cortical Cancellous Cortical Cancellous

11 mm 1 0 1 0.32 0.46 0.54
12 mm 1 0 1 0.28 0.47 0.53
14 mm 1 0 1 0.23 0.47 0.53

Then, each meshed spacer model was inserted into the C5–6 disc without plate fixation in the
previously constructed, intact cervical FEM. The spacers used for modeling were 11, 12, or 14 mm
in length, had 6◦ of lordotic angle, and were 7 mm in height, which best fit the vertebral anatomy
at the C5–6 level of the cervical model used in this study. The material properties of the allograft
spacers (cortical bone, elastic modulus (E) = 18,200 MPa, Poisson’s ratio (v) = 0.38; cancellous bone,
E = 389 MPa, (v) = 0.3) were measured on a donor femur according to previous research [24,25].
The devices were designed to be implanted via an anterior surgical approach, as recommended by
the manufacturer. By simulating this surgical procedure [26], the anterior longitudinal ligament,
the superior and inferior endplates, and the anterior and posterior parts of the annulus fibrosus were
excised. Then, the spacers were positioned at the anterior margin of the vertebral body (Figures 1 and 2).
Because our model aimed to simulate biomechanical behavior after bony fusion, specific corresponding
constraint conditions were set up, especially at the bone-implant interface. In this study, interface
behavior was accomplished through a “tie” contact condition, which enabled the allograft spacer and
vertebrae to be bonded together permanently with full constraint.

Figure 2. Finite element model of allograft spacers with hybrid motion control.

2.3. Loading and Boundary Conditions

The inferior endplate of the most caudal vertebra (C7) was fixed in all degrees of freedom,
while loads were applied to the superior endplate of the most cephalic vertebral vertebra (C3).
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The follower load allows each individual vertebra to be loaded in nearly pure compression. In the
present FEM, the intervertebral body was connected at approximately the center of rotation of vertebral
bodies C3 through C7 [27]. In loading control, pure moments of 1.0 Nm were generated by a force
coupled to flexion, extension, lateral bending, or axial rotation of the cervical spine.

A compressive follower load of 73.6 N was considered to approximate the head weight and local
muscle stabilization during daily activity (Figure 2) [14]. A hybrid protocol was used to predict range
of motion (ROM) at the surgical site and adjacent levels [28].

3. Results

3.1. Range of Motion

The validated ROM of our intact FEM model was within the acceptable range, compared with
cadaver studies [29,30] Upon flexion, the ROM at C4–5 was increased in all spacer models, compared
with that in the intact model. The ROM of C5–6 (fused segment) was significantly decreased in all
spacer models (Figure 3). Upon extension, when compared with the intact model, the ROM at the C4–5
and C6–7 segments was increased in all spacer models. The ROM of C5–6 was significantly decreased
in all spacer models. In axial rotation and lateral bending, when compared with the intact model,
the ROM at the C4–5 and C6–7 segments was increased in all spacer models. The ROM of C5–6 was
significantly decreased in all spacer models.

Figure 3. Effects of different cervical allograft spacers on the range of motion, compared with that in an
intact model: (a) flexion (b) extension (c) axial rotation (d) lateral bending. * indicates fused cervical
segment with allograft spacers. CO, cortical only; CC, cortico-cancellous; CLC, cortical lateral walls
with a cancellous center bone.
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3.2. Stress Analysis of Cervical Spacers with Different Cortico-Cancellous Ratios

In flexion and extension, von Mises stress increased as the length of spacers increased for all
types of allograft spacers. The CLC spacer demonstrated the highest stress among the three types
of spacers. In counterclockwise axial rotation, von Mises stress decreased as the lengths of spacers
increased. In right lateral bending, von Mises stress decreased as the lengths of the CO and CC spacers
increased. However, among CLC spacers, PVMS increased as the length of the spacer increased.
Stress on the anterior cortical portion increased as the length of spacers increased. The CLC spacers
demonstrated the highest stress on the anterior cortical portion among the three types of spacers in the
study. (Figure 4). The likelihood of allograft spacer failure was calculated on the basis of the yield
strength of the femoral cortical bone (107.9 MPa). The allograft failure risk was calculated using the
following formula [31]:

Failure risk =
Stress on the cortial portion o f allogra f t spacer

Yield strength o f Femoral cortical bone (107.9MPa)
× 100. (1)

Figure 4. Peak von Mises stress (PVMS) on the allograft spacers and endplates under hybrid motion.

In flexion motion, the risk of allograft spacer failure was lowest for the 11 mm CO spacer
(PVMS, 48.04 MPa; 44. 5%) and highest for the 14 mm CLC spacer (PVMS, 270.0 MPa; 250.2%).
In extension, the risk of allograft spacer failure was highest for the 14 mm CLC spacer (PVMS: 371.40 MPa,
344.2%) and lowest for the 11 mm CO spacer (PVMS: 71.05 MPa, 65.8%). In axial rotation, the risk of
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allograft spacer failure was highest for the 11 mm CC spacer (PVMS: 317.20 MPa, 294.0%) and lowest
for the 14 mm CLC spacer (PVMS: 128.30 MPa, 118.9%). In lateral bending, the risk of allograft spacer
failure was highest for 14 mm CLC spacers (PVMS: 244.20 MPa, 226.3%) and lowest for 14 mm CO
spacers (PVMS: 150.20 MPa, 139.2%) (Figure 4).

3.3. Stress Analysis of Endplates of Involved Lower Cervical Segments

In flexion, von Mises stress increased as the lengths of spacers increased, especially at the
endplates around the posterior wall of the allograft spacers, and was most prominent in the CLC
spacers. In extension, von Mises stress increased as the lengths of spacers increased, especially around
the posterior margin of each spacer. In both counterclockwise axial rotation and right lateral bending,
von Mises stress decreased as the lengths of the spacers increased. In lateral bending, von Mises stress
was higher with CLC spacers than with other spacers. The likelihood of allograft spacer subsidence
was calculated on the basis of the yield strength of the cancellous bone of the C6 vertebral body
(16.3 MPa). The subsidence risk was calculated using the following formula [31]:

Subsidence risk =
Stress on the cortial portion o f allogra f t spacer

Yield strength o f vertebral body(16.3 MPa)
× 100. (2)

In flexion motion, the risk of allograft spacer subsidence was lowest for 11 mm CO and CC
spacers (PVMS, 1.41 MPa; 8.7%) and highest for the 14 mm CLC spacer (PVMS, 4.58 MPa; 28.1%).
The subsidence risk was highest for the 14 mm CLC spacer (PVMS: 12.71 MPa, 78.0%) in extension,
11 mm CO and CC spacers (PVMS: 2.71 MPa, 16.6%) in axial rotation, and the 11 mm CLC spacers
(PVMS 4.81 MPa, 29.5%) in lateral bending. Subsidence risk was lowest for the 11 mm CO and CC
spacers (PVMS: 2.39 MPa, 14.7%) in extension, the 14 mm CO spacer (PVMS: 1.76 MPa, 10.8%) in axial
rotation, and the 14 mm CO and CC spacers (PVMS: 1.13 MPa, 6.9%) in lateral bending.

4. Discussion

Graft failure with subsidence and breakage leading to non-union are major concerns in ACDF
surgery and have been shown to be associated with the use an autologous bone substitute, stand-alone
cages, allospacers, reinforcement with anterior plates and screws, and posterior fixation, as well as age
and other factors [13,15,32–35]. However, no study has analyzed associations of biomechanical stress
with cervical spacer design, length, and the ratio of cortical and cancellous portions of the spacers.
It is expected that the cortical and cancellous portions play a different role once they are fused after
insertion [10]. The cortical portion usually supports the endplates until the cancellous portion can form
a firm union of bone. It could be postulated that a larger cortical component could result in breakage
of allograft spacers or more subsidence into the vertebral body through the endplates if they fail to be
fused properly postoperatively because of the different properties of E and v of the allograft-cortical
bone and the cancellous portions of the recipient vertebral body [36]. Cortical breakage or subsidence
could then result in a decrease of disc height and lead to foraminal restenosis [37]. It is commonly
accepted that greater stress on the endplate and spacers and less contact with the surface of the
cancellous portion could lead to an increased risk of subsidence and delayed fusion [10]. In one clinical
study, CO-type allospacers, which have a smaller cancellous fusion bed, exhibited more breakage
and displacement with disc height loss causing fixation instability, compared with other spacers [13].
In our study, the smaller cortical portion conversely led to an increased subsidence risk and a relatively
higher risk of allograft spacer failure despite the wider fusion bed of cancellous bone, especially upon
flexion and extension.

We analyzed the results of predicted FE study using von Mises stress. The reasons are as follows:
Generally, stress has direction, but von Mises stress is scalar and not a vector. Therefore, it is easy to
analyze stresses in various directions, such as principal stress, at complex loading on the human body.
Additionally, the von Mises is a theoretical measure of stress used to estimate yield failure criteria and
is also popular in fatigue strength calculations. While significant differences in von Mises stress on
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different types of spacers and endplates were noted (Figure 4), the results did not fall in line with our
initial hypothesis that longer spacers could supply a wider surface area of stress distribution and result
in less von Mises stress on allograft spacers and endplates. The longer spacers showed a higher level of
concentrated stresses on the posterior wall of the allograft spacers and in the contacted endplate area in
flexion and extension. This could be explained by the nutcracker mechanism with anterior cortical-bite
positioning of allograft spacers (Figure 1), wherein the longer spacer exerts greater compression force
at the posterior margin of the allograft spacer and contacting endplate, as well as greater posterior
shear force from the superior anterior corner to the inferior posterior corner of the allograft spacer.
This could lead to allograft spacer failure or graft subsidence, even though it is known that posterior
endplates are stronger than the anterior component [38]

The ROM in all motion modes was easily understandable because of the decreased ROM in the
fused segment of C5–6 and increased ROM in the adjacent C4-5 and C6–7 segments. The longer spacers
produced greater stress on the endplate and posterior complex of the vertebral body in flexion and
extension. Along with higher preloading on the distal cervical segment, this increased stress could
play a role in increased subsidence and result in a decreased ROM relative to the intact segment of
C6–7. This needs to be clarified in further research.

This study had a few limitations. This study was designed only for allograft spacers and
vertebral bodies without additional fixation methods, such as anterior plates and screws, lateral mass
screws, or pedicle screws [15,31]. However, using our basic stress analyses on allograft spacers and
endplate-vertebral bodies for spacer composition and length, a series of biomechanical studies will be
performed with variable fixation methods, spacer sizes, and cervical sagittal alignments. Also, the ROM
of the intact model was compared with that previously reported by Ivancic and Panjabi et al [29,30].
This approach confirmed that the kinematics of the developed FEM reflect real soft tissue functions.
However, in our study, we calculated the distribution of stress on endplates, which is a different context
for the use of this FEM. Therefore, this study could lack sufficient evidence in support of the validation
of this FEM. Nevertheless, in many biomechanical studies, ROM was utilized to validate and verify
models, as well as to predict stress and forces reflective of real-world settings [39–46]. Considering the
relative comparisons between the design and lengths of the allograft spacers, the results in the present
study could be helpful to understanding the biomechanical differences between allospacers.

This study could help to decide the best combination of surgical approach and type of allograft
spacer depending on a patient’s conditions. As a potential ethnic anthropometric limitation, the FEM
model was designed for the average Korean, middle-aged male, and Caucasian individuals tend to
have larger profiles than Koreans [47,48]. Additional analysis on post-menopausal women with weaker
bone quality is ongoing and will provide a better understanding of biomechanical properties in that
clinical settings.

5. Conclusions

Smaller cortical portions and longer cervical spacers could be risk factors for allograft spacer
failure and subsidence, especially in flexion and extension, in an allograft spacer only model. However,
further study in combination with additional fixation methods, such as anterior plates/screws and
posterior screws, in an actual clinical setting is necessary.
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Abstract: Proximal femoral varization osteotomy is a well-established surgical procedure in children
with severe hip problems. This study aimed to evaluate the fixation stability and stiffness of two
new implant systems. A biomechanical testing model was created with a total of 12 synthetic femora.
Proximal femoral varization osteotomy was performed in every femur, and the synthetic femora
were fixed with two different implant systems (PediLoc Locking Proximal Femur Plate System versus
PediLoc Locking Cannulated Blade Plate System; OrthoPediatrics, Warsaw, IN, USA). The average
torsional stiffness of the locking plate group was higher than for the cannulated blade plate group.
Differences in internal and external rotations were seen between the two groups, but they were
not significant. Using the tested implants in severe osteoporotic bones might show other results.
Therefore, it might be helpful to use the locking plate system in osteoporotic bones and in cases of
revision operations where stability is of critical focus.

Keywords: proximal femoral varization osteotomy; blade plate; screw side plate

1. Introduction

Proximal femoral varization osteotomy is a well-established surgical procedure in children with
different hip problems, such as developmental dysplasia of the hip (DDH), containment in Perthes
disease, and hip dislocation or subluxation in severe cerebral palsy (CP) [1–9]. In the literature,
older implant systems had higher complication rates and longer time to bone union [8].

To simplify the procedure and to stabilize the fixation, new blade plate systems were developed [9].
Given the low complication rates and postoperative mobilization under full weight bearing, fixed-angle
blade plates became the most used implant over time [2,4–6].

Clinical studies with the new implant systems comparing blade plate and screw-side plate show
generally good results [2,10–12]. Jain et al. described a rate of implant-related fractures of 2.5% in all
patients, and they found no significant difference between the blade plate and screw-side plate [11].
Trainee surgeons had preference for cannulated blade plate when learning proximal femoral osteotomy,
analyzing cannulated blade plate versus fixed angled blade plate. The fixed angled blade plate group
had a higher prevalence of technical errors. However, radiological results were similar regarding
migration and neck shaft angle [12]. In contrast, little is known about the biomechanical stability of the
new implant systems used in proximal femoral varization osteotomy [1–3].

Synthetic bones are often used as a substitute for human tissue in biomechanical in vitro
investigations. In certain applications, they show good agreement in terms of macroscopic mechanical
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properties and anatomy [13]. A further advantage is their standardization and the associated
low variance.

This study aimed to evaluate fixation stability and stiffness of two new implant systems
(PediLoc Locking Proximal Femur Plate System versus PediLoc Locking Cannulated Blade Plate
System) using a synthetic bone model.

2. Materials and Methods

2.1. Specimens

A total of 12 synthetic femora with medium-sized and left-side geometry (#3403, 4th generation,
Sawbone, Pacific Research Laboratories Inc., Vashon, WA, USA) bones were used for the study.
The specimens were divided into two groups of patients using PediLoc Locking Proximal Femur Plate
System (F-PL group) and PediLoc Locking Cannulated Blade Plate System (G-CBP group).

On every femur, proximal femoral varization osteotomy was performed by a surgeon and in
accordance to the user manual. The closing was 10◦ from the medial side: five femora were fixed
with a PediLoc Locking Proximal Femur Plate (size 90◦ × 3.5-mm plate, 12-mm offset, 3 holes,
OrthoPediatrics, Warsaw, IN, USA) and seven with a PediLoc Locking Cannulated Blade Plate
System (size 90◦ − 50 × 10 × 3, OrthoPediatrics, Warsaw, IN, USA). The proximal end of the prepared
specimens was embedded into a metal shell using cold-curing three-component resin (Rencast FC52/53
Isocyanate, FC53 Polyol, Füller DT 082, gössl&pfaff GmbH, Karlskron/Braulach, Germany).

2.2. Mechanical Testing

Biomechanical investigations were carried out on a servohydraulic material testing machine
(MTS MiniBionix I, Model 858, Eden Prairie, MN, USA) and a custom-made experimental setup.
Two different loading scenarios were selected. First, the torsional stiffness of all specimens was
investigated without harming them. After axial torsion, the so-called Hayes fall investigations were
carried out. The experimental setup allowed measuring the force applied to fracture the proximal
femur or damage the implant, and was based on the Hayes fall [14,15].

2.3. Axial Torsion

The synthetic femora were mounted between two universal joints to apply a purely torsional
load (Figure 1). The distal part of the specimens was fixed to the lower cardan joint. The load was
applied to the specimen via the second cardan joint at the top. The specimens were axially loaded with
a static force (compression) of 100 N. First, a cyclic internal rotation was performed by introducing a
torsional moment of 0 to 3 Nm into the proximal end of the specimens. After 100 cycles of internal
rotation, an external rotation with 100 cycles was performed with the same load. The specimens were
not harmed during the torsional test. Time, cycles, angle, torque, and force were recorded with a
sampling rate of 1 kHz.
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Figure 1. Test setup for axial torsion on the material test machine with mounted synthetic femora
specimen: (A) F-PL with PediLoc Locking Proximal Femur Plate and (B) G-CBP with PediLoc Locking
Cannulated Blade Plate System.

2.4. Proximal Femoral Strength

The proximal strength of the osteotomized synthetic femora was determined using a custom-made
setup designed to simulate a sideways fall onto the greater trochanter region [14,15]. The distal
embedding was free to rotate around the mediolateral axis. The specimens were positioned in the
assembly with 15◦ internal rotation and 10◦ adduction (Figure 2). Proximally, the trochanter lay on a
6-mm thick rubber mat. The table under the rubber mat can be moved in the proximal-distal direction.
The force and torque sensors of the material testing machine were located below the table. The force
was applied directly to the femoral head via a sliding plate that permitted translational movements
in the frontal plane of the femur. A position-controlled test protocol was used. First, a preload of
20 N was applied. The actuator then moved downward at a traversing speed of 0.5 mm/s. The abort
criterion was manual after the failure of the sample. The transversal position, force, and time were
recorded at 1 kHz.

 

Figure 2. Test setup for the determination of the proximal femoral strength on the material test machine
with mounted synthetic femora specimen. (A) Experimental setup to determine the proximal femoral
strength based on the Hayes fall. The force is applied on the femoral head via a sliding plate that
permits translational movements. The greater trochanter lies on a 6-mm thick rubber mat. The table
under the rubber mat can be moved in the proximal–distal direction. (B) In the left part of the picture,
the aluminum shell with the distal embedding is shown. The embedding can be rotated about the
mediolateral axis. The specimens are positioned with internal rotation of 15◦ and an adduction of 10◦.

2.5. Statistics

Due to the small sample size of the groups, the statistics were carried out with a Mann–Whitney U
test for unrelated samples using R software (R version 3.5.1, The R Foundation for Statistical Computing,
Vienna, Austria). A significance level of α = 0.05 was applied.
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3. Results

3.1. Axial Torsion

All synthetic femora could be tested for axial torsion without causing damage. The average
torsional stiffness of the F-PL group was 4.26± 2.38 Nm/deg for internal rotation and 4.28 ± 1.40 Nm/deg
for external rotation (Figure 3A). For the G-CBP group, the average torsional stiffness was
2.63 ± 1.23 Nm/deg for internal rotation and 2.85 ± 1.61 Nm/deg for external rotation (Figure 3B).
The differences for internal and external rotations were not significant between the two groups.

 

Figure 3. Box plots of the torsional stiffness for (A) internal, (B) external rotations, and (C) proximal
femoral strength for both subgroups.

3.2. Proximal Femoral Strength

All specimens of both groups showed plastic deformation of the osteosynthesis plates at the end
of the tests. The bone screws did not tear out, and the synthetic bones were not fractured.

The mean stiffness of the F-PL group was 53.9 ± 6.4 N/mm and that of the G-CBP group was
26.1 ± 2.7 N/mm (Figure 3C). This difference was also significant (p = 0.018). The mean force for
the F-PL group and G-CBP group where implant failure occurred was 554 ± 71 N and 399 ± 33 N,
respectively (Figure 4). This difference was significant (p = 0.003).

 

Figure 4. Box plots of the load to failure of the proximal femora for both tested groups.

4. Discussion

In this biomechanical comparative study, we investigated the torsional stiffness for internal and
external rotations and the proximal strength of the osteotomized synthetic femora for two implant
systems (PL and CBP). The average torsional stiffness of the F-PL group was higher than that for the
G-CBP group. Differences in internal and external rotations were found between the two both groups.
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However, this difference was not significant (Figure 3A,B). Moreover, the F-PL system has proximal
locking screws to ensure that bending moments were further reduced during loading.

The proximal femoral strength of the osteotomized synthetic femora was tested with a setup to
simulate a sideways fall onto the great trochanteric region. All specimens (both groups) showed plastic
deformation of the implants at the end of the testing. No fractured synthetic bones or torn screws were
seen in any group. The mean force where implant failure occurred was significantly higher in the
F-PL group than in the G-CBP group. That the F-PL plate has a significantly higher rigidity and load
to failure can be due to its construction. With 19 mm, the F-PL is 8 mm wider in the proximal and
highly stressed gap area than the G-CBP. Both plates have approximately the same 3-mm thickness.
This results in a higher moment of inertia of the F-PL, which is reflected in the results of the proximal
strength. That there were no significant differences in torsion can be due to the fact that the G-CBP has
a cannulated blade plate.

A recent study has shown that the design of the blade plate is relevant for stability [16]. After the
addition of a proximal screw, the pullout strength increased even if the axial loading properties of
the blade plate did not increase [16]. Considering these and our results, we suspect that design
modifications might influence biomechanical results, and we hypothesize that adding a screw to the
blade plate will not necessarily lead to better results. Further investigation might be helpful.

The fourth-generation synthetic femoral sawbones were used for testing. In a previous study,
these femoral sawbones showed generally good agreement in terms of mean anatomy and macroscopic
mechanical properties [13]. They are standardized and have low variance because of their biomechanical
behavior. As regards testing, we expect comparable good results in vivo, as previously described [4,9].
However, most varization operations are performed in growing children [8,11,12]. The diversity of
the growing skeleton cannot be represented by the sawbones used. Due to ethical consideration, we
would disclaim interventional clinical trials analyzing stability with pediatric patients. Further studies,
for example, on failed implants after osteotomy of the femur (in vivo) might help us better understand
the stability and stiffness of the implants used.

A typical indication for the operation is coxa valga and excessive anteversion in spastic CP [2,3,12].
In severe cases, the hip is subluxated or luxated, and additive soft tissue operation is necessary [3].
Younger patients are often between 4 and 8 years [3]. The synthetic femora used cannot be representative
for this pathologic anatomic situation. Furthermore, these patients have osteoporotic bone and reduced
state of health, causing problems during treatment. This has to be investigated further in vivo.

In this study, comparable results were described in both groups. Using the tested implants in
severe osteoporotic bones might show other results. Torn screws or fractured bones might occur.
Concerning our results, we decided to use the F-PL in osteoporotic bones and in cases of revision
operations. However, further biomechanical and in vivo tests in osteoporotic bones are necessary.

One further limitation of the study is the simplification of the loads that actually affect the
musculoskeletal system. No combined load scenarios were applied, which do not fully correspond to
reality, but facilitates the interpretation and comprehensibility of the results. However, the simulation
of a sideways fall on the greater trochanter region is a frequently used method to examine the load
capacity in the area of the osteotomy gap [14,15].

The results of this study showed that it is not possible to make a statement about possible intra-
and postoperative complications. Blood loss, operation time, delayed union, implant loosening,
and wound infections are typical parameters that should be evaluated in further comparative in vivo
studies. Radiographic analyses of changes in containment should also be evaluated. In regard to
existing studies, we expect comparable good results for these parameters [9,11,12].

Implant-related fractures along the two different implant systems (blade plate versus screw side
plate) have been evaluated [11]. A previous study showed that no observed significant differences [11]
may support our results on stiffness and stability. Therefore, differences in the design of the plates do
not necessarily lead to significant differences in stability, even if we must await further studies with
our two implant systems in vivo before making a definitive statement.
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The correlation between surgeon experience and operative results is well explored [12].
All osteotomies in this study were performed by a well-experienced senior surgeon to prevent
learning curve effects.

In a study analyzing CBP versus fixed angled blade plate, trainee surgeons were found to have
preference for CBP when learning proximal femoral osteotomy [11]. In the present study, we decided
to use the CBP for our trainee surgeons in their first year. Severe cases, such as osteoporotic bones and
the use of PL, are reserved to senior surgeons in our department.

In conclusion, the average torsional stiffness of the locking plate group was higher than for the
cannulated blade plate group. Differences in internal and external rotations were seen between the two
groups, but they were not significant. Using the tested implants in severe osteoporotic bones might
show other results. Therefore, it might be helpful to use the locking plate system in osteoporotic bones
and in cases of revision operations where stability is of critical focus.
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Featured Application: Clinical gait analysis (CGA) is an in vivo method used to measure the

movement behavior/gait patterns of patients before and after an orthopedic treatment. It monitors

joint kinematics and kinetics under dynamic conditions within the musculoskeletal system.

This study contributes to a better understanding of the comparability and significance of motion

analysis data recorded in different gait laboratories using different technical qualities.

Abstract: Comparing clinical gait analysis (CGA) data between clinical centers is critical in the
treatment and rehabilitation progress. However, CGA protocols and system configurations, as well as
choice of marker sets and individual variability during marker attachment, may affect the comparability
of data. The aim of this study was to evaluate reliability of CGA data collected between two gait
analysis laboratories. Three healthy subjects underwent a standardized CGA protocol at two separate
centers. Kinematic data were captured using the same motion capturing systems (two systems,
same manufacturer, but different analysis software and camera configurations). The CGA data were
analyzed by the same two observers for both centers. Interobserver reliability was calculated using
single measure intraclass correlation coefficients (ICC). Intraobserver as well as between-laboratory
intraobserver reliability were assessed using an average measure ICC. Interobserver reliability
for all joints (ICCtotal = 0.79) was found to be significantly lower (p < 0.001) than intraobserver
reliability (ICCtotal = 0.93), but significantly higher (p < 0.001) than between-laboratory intraobserver
reliability (ICCtotal = 0.55). Data comparison between both centers revealed significant differences
for 39% of investigated parameters. Different hardware and software configurations impact CGA
data and influence between-laboratory comparisons. Furthermore, lower intra- and interobserver
reliability were found for ankle kinematics in comparison to the hip and knee, particularly for
interobserver reliability.

Keywords: motion analysis; kinematics, repeatability; lower extremity; optical infrared camera
motion capturing system
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1. Introduction

Three-dimensional clinical gait analysis (CGA) is an important diagnostic tool within the field
of movement disorders [1]. Optical marker tracking systems are considered the gold standard for
this type of assessment [2,3]. However, discrepancies in CGA data across multiple analyses can
be caused by differences in marker sets [4], observer error [5], marker placement [6] and patient
variability [7]. Despite applied standardized protocols (e.g., marker-set, measurement pipeline),
incompatibilities and discrepancies within CGA data of the same patient cohorts collected by different
institutions are often observed, and have caused reservations concerning the applicability of CGA
among multicenter studies [3,4,8]. Ferrari et al. [4] compared the trunk, pelvis and lower limb
kinematics of five separate measurement protocols (different marker sets), using a single data pool
of subjects. These authors reported good correlations between kinematic variables in the sagittal
plane (flexion/extension), but poorer correlations for out-of-sagittal-plane rotations, such as knee
abduction/adduction. They also reported good correlations among protocols with similar biomechanical
models [4]. Ferrari et al. [4] concluded that the comparison of different measurement protocols results
in higher data variability when compared to interobserver and interlaboratory comparisons for most
gait characteristics. Obviously, model conventions and definitions are crucial for data comparison.
Gorton et al. [8] identified the marker placement procedure of examiners as the largest source of
error. The use of a standardized protocol for marker placement decreased data variability by up to
20%. Based on clinical experience, the authors of the current study hypothesized that significant
discrepancies would exist between CGA data sets collected using different hardware and software
infrastructures or configurations.

Due to the observed limitations in the reproducibility of CGA data, efforts have focused on the
reduction of measurement error, with the aim of producing data with the highest possible degree
of reproducibility. To improve our understanding of the accuracy and reproducibility of CGA data,
cross-laboratory studies must be performed using a single cohort of subjects. Previous research has
reported on the repeatability of motion capture data using separate trials, sessions and observers under
various conditions for a specific CGA setup or laboratory [5–7,9,10]. However, reports for multi-center
repeatability are limited and have focused on differences in hardware configurations, marker placement,
as well as between trials and days of measurement [3,8,11]. Unfortunately, a validation using the same
motion capturing technology, but different hardware and software infrastructure/configurations (e.g.,
capturing software, camera type), among a single cohort of subjects is lacking.

It is critical for clinicians and researchers to have reliable examination tools to accurately and
objectively assess the functional status of a joint [12–16]. A high level of intraobserver reliability is
imperative to accurately evaluate the longitudinal effects of the rehabilitation process and to identify
differences between subjects [17,18]. A central research question is whether the findings of clinical gait
analyses conducted by multiple laboratories are consistent and reliable enough for making clinical
decisions—or is the dependence on observers, repeat measurements or measurement and analysis
protocols too large?

The specific aims of this study were to evaluate the intra- and interobserver reliability and the
equivalence of CGA data between two gait analysis laboratories (between-laboratory intraobserver
reliability) using the same motion capturing technology, but different hardware and software
infrastructure/configurations among a single cohort of subjects. The following two hypotheses
were specifically investigated:

1) Intraobserver reliability of CGA data for the lower extremity obtained for the same cohort of
subjects and captured at one laboratory will be good-to-excellent, whereas interobserver reliability
will be fair-to-good.

2) CGA data for the lower extremity obtained for the same cohort of subjects, captured at two
separate laboratories by the same observers, using different hardware and software systems,
will be equivalent.
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2. Materials and Methods

2.1. Subjects

A standardized measurement protocol was performed repeatedly on three adult subjects (one
female, two males) who were asymptomatic at the time of testing and did not display any movement
disorders. This cohort had a mean (±SD) age of 33.3 (±4.0) years, mean body weight of 77.3 (±16.3) kg,
mean body height of 176.7 (±9.1) cm, and a mean body mass index of 24.3 (±2.9) kg·m−2 (Table A1).
The study was approved by the ethical committee of Martin-Luther-University Halle-Wittenberg
(approval number: 217/08.03.10/10). Written consent from study participants was obtained prior to
data collection.

2.2. Measurement Set-Up

Gait analyses were performed in two gait laboratories (Figure 1). Both laboratories used an optical
infrared camera-based motion capturing system provided by one manufacturer (Vicon Motion System
Ltd., Oxford, UK).

Figure 1. Data processing chart—clinical gait analysis (CGA) data collected on three healthy test-subjects
(n = 20 barefoot trials per person). The data were captured using the same measurement protocols in
both the first (GL1) and the second laboratories (GL2). Three reliability tests were performed with the
datasets from GL1 and GL2. Interobserver reliability was tested for two observers using the CGA data
collected at GL2. Observer 1 used the data processing software from GL 1 (Workstation 4.6), which was
different to that of Observer 2 (GL2: Nexus 1.3). To assess intraobserver reliability, the same data set was
analyzed a second time by observer 1 after a time interval of 12 months, using the CGA data collected
at GL2 and the software from GL1. To test between-laboratory intraobserver reliability, the CGA data
collected at both sites (GL1 and GL2) were analyzed by Observer 1 using software from GL1.

The first laboratory (GL1) was equipped with a six-camera system (460 Vcam cameras, Workstation
4.6 build 142 software). The second laboratory (GL2) used a six-camera system (MXF-20 cameras,
Nexus 1.3 software). These systems thus differed in their respective configurations, both in terms of
analysis software (Workstation vs. Nexus) and camera type (Vcam vs. MXF). Both laboratories applied
the same sampling rate (200 Hz) and the same reflective markers (14 mm diameter). Capture space
represented the full dimensions (length, width and height) of the motion capture room for GL1 (7 m,
4 m and 3 m) and for GL2 (15.5 m, 8.8 m and 4.8 m). Capture volume was defined as the area within
the capture space, for which motion capturing cameras were able to capture the motion task of each
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subject. The GL1 capture volume was 6 m, 2 m and 2 m. The capture volume for GL2 was 10.0 m, 8.5 m
and 2.9 m. Captured marker data were processed and trajectories were labeled using the PlugInGait
model under a standardized protocol at both laboratories. All kinematic data were Woltring filtered
using a mean squared error setting of 10. These gait data were reduced to 100% of one gait cycle
using gait cycle event detection, based on the available force plates (threshold: 20 N). All subsequent
measurement conditions were consistent at both laboratories.

2.3. Measurement Protocol

Calibration of the optical infrared camera-based motion capturing systems at both laboratories
were performed according to the manufacturer’s guidelines. This calibration process consisted of
two main steps: (i) a static calibration to calculate the origin of the capture volume and define the 3D
workspace orientation (x, y, z directions) and (ii) a dynamic calibration to calculate the relative position
and orientation of each camera within the capture volume. Calibration quality was checked according
to the manufacturer’s guidelines.

The PlugInGait marker setup for the lower extremity (kinematic model V 2.3) was used in both
laboratories, based on the work of Kadaba et al. [19]. Markers were attached to each subject by the same
experienced staffmember (Observer 1) at both gait analysis laboratories, according to a standardized
protocol for anthropometric measurements, landmark identification and marker mounting.

Each of the three subjects performed 20 barefoot gait trials with a self-selected walking speed
resulting in a total of 60 CGA trials per gait laboratory. Individual gait speed was controlled and
standardized between data collection sessions. The same two staffmembers (Observer 1 and Observer 2)
performed data processing and analysis at both laboratories, using a standardized protocol for data
processing, labeling and gait event detection. For each reliability analysis variation, the observer started
with the original raw data in their data processing routine. These raw data were labeled, gait events
were detected and possible gaps of reconstructed marker trajectories were filled. The kinematic
parameters were extracted using the same template and again used a standardized workflow for
both observers. Kinematic data used for reliability analysis, which consisted of specific movement
parameters in the sagittal and frontal plane for the hip, knee and ankle. Parameters were selected
according to the specifications of Benedetti et al. [20] (Figure 2).

Data from the right leg of each subject were used for the analyses of reliability. Three different
measures of reliability were performed (Figure 1):

• Interobserver Reliability: The reliability of the two observers, using the same data set, was assessed
using separate analysis software (Observer 1: GL1 (Workstation); Observer 2: GL2 (Nexus)).

• Intraobserver Reliability: The reliability of the same data set among the same observer was tested.
This assessment was performed with a time interval of 12 months between analyses using the
same software (Workstation). The CGA data for this assessment were collected at the GL2 site.

• Between-Laboratory Intraobserver Reliability: To compare the effect of laboratory environment
and instrumentation while excluding observer-dependent influences, CGA data collected at both
laboratories were analyzed by a single observer using the same analysis software.

The following reliability variables were assessed. ICCmean was the average of all parameters
for hip, knee and ankle. ICCtotal (Equation (1)) was the average of hip ICCmean, knee ICCmean

and ankle ICCmean for all three types of reliability (intraobserver, interobserver, between-laboratory
intraobserver).

ICCtotal = hip ICCmean + knee ICCmean + ankle ICCmean / 3 (1)
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Figure 2. Parameters extracted (No. 1 to 16) out of processed kinematic data for sagittal (a) and frontal
(b) plane of the hip joint, for sagittal (c) and frontal (d) plane of the knee joint, as well as data for sagittal
(e) plane of the ankle joint.

2.4. Statistics

Descriptive statistics (mean, standard deviation) were based on 20 barefoot trials and were
calculated for 31 kinematic parameters in the sagittal and frontal plane for the hip, knee and ankle
joints. Reliability analyses were divided into five parts:

1. For interobserver reliability, a single measure intraclass correlation coefficient (ICC) was calculated.
The number of measures (k) was 60 (n = 20 barefoot trials from three subjects).

2. For intraobserver reliability, an average measure ICC was calculated. The number of measures (k)
was 60.

3. To assess between-laboratory intraobserver reliability, an average measure ICC was calculated
and again referenced to the same ICC value classification [21]. The ICC indicated excellent
reliability if the value was above 0.75, fair-to-good reliability between 0.40 and 0.75 and poor
reliability when less than 0.40. A two-way mixed-effects model (definition: absolute agreement)
was used for all calculations. For all ICC values, 95% confidence intervals were reported.

4. To estimate experimental errors of a joint angle, the standard error was calculated (for intra-
(σrepeated), inter- (σobserver) and between-laboratory intraobserver reliability (σsess(lab))) as
described by Schwartz et al. [10], as well as the magnitude of the interobserver error and
its ratio to intra-subject error r (Equations (2)–(4)).

r = σrepeated/σtrial (2)
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r = σobserver/σtrial (3)

r = σsesss(lab)/σtrial (4)

5. A scatter-plot technique suggested by Bland and Altman [22] was used to assess interchangeability
(equivalence) of CGA data between laboratories. Calculated differences for joint angles were
plotted against their average value for each subject. The interchangeability of CGA data was
tested by a bounding criterion defined as the mean ± two standard deviations of the measured
differences (approximately 95% of all measured values).

6. To evaluate the variability within and between subjects, the standard error of measurement (SEM)
was calculated in conjunction with the ICCs, using the following equation from Portney and
Watkins [23]:

SEM = SD×
√
(1− ICC) (5)

ICC values may be influenced by inter-subject variability of scores, because a large ICC may be
reported despite poor trial-to-trial consistency if the inter-subject variability is too high [23,24].
However, the SEM is not affected by inter-subject variability [24].

7. Mean differences for multicenter comparisons were tested using variance analysis. A one-factor,
univariate general linear model (GLM; dependent variable: hip flexion during stance; independent
variable: CGA center; covariate: walking speed) was performed. Prior to inference statistical
analyses, all variables were tested for normal distribution (Kolmogorov–Smirnov test). To estimate
practical relevance and to quantify the differences between GL1 and GL2, effect sizes (partial
eta squared, ηp

2 [25,26]) were calculated for the main effects (ηp
2) and the mean differences

divided by the pooled standard deviations (d). To evaluate effect sizes, d or ηp
2 were classified,

with d ≥ 0.2, d ≥ 0.5, d ≥ 0.8 or ηp
2 ≥ 0.01, ηp

2 ≥ 0.06, ηp
2 ≥ 0.14 indicating small, medium or

large effects, respectively [27]. Level of significance was adjusted to p ≤ 0.002 (0.05/31 = 0.002) for
multiple tests by means of a Bonferroni correction.

All statistical analyses were performed using SPSS version 25.0 for Windows (SPSS Inc., IBM,
Armonk, NY, USA).

3. Results

Because of the controlled and standardized CGA data collection, walking speed and stride length
parameters did not differ between laboratory measurement sessions (walking speed: 1.40 ± 0.06 m·s−1

vs. 1.40 ± 0.04 m·s−1; stride length: 1.38 ± 0.09 m vs. 1.40 ± 0.10 m).

3.1. Interobserver Reliability

All interobserver reliability variables fulfilled the assumption of normality. Interobserver reliability
at one laboratory (GL2), showed excellent reliability for 71% of the parameters observed (22/31).
Based on the lower limit of the 95% CI, 58% (18/31) displayed an ICC value of at least 0.75.
Nineteen percent (6/31) of the parameters showed fair-to-good reliability, whereas 10% (3/31) were
poor (Table 1).
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Table 1. Single site inter- and intraobserver intraclass correlation coefficient (ICC) values and results of
repeated single observer analysis at both laboratories (between-laboratory intraobserver values) of an
ICC greater than 0.75 were considered excellent and marked in bold.

Parameter Intraobserver Interobserver
Between-Laboratory

Intraobserver
ICC 95% CI ICC 95% CI ICC 95% CI

lower upper lower upper lower upper

Hip (degree)

Flexion ST 1.00 1.00 1.00 0.97 0.95 0.98 0.60 0.10 0.80
Extension ST 1.00 1.00 1.00 0.76 0.63 0.85 0.72 0.54 0.83
Flexion SW 1.00 1.00 1.00 0.99 0.97 0.99 0.71 0 0.89
Adduction ST 1.00 1.00 1.00 0.98 0.97 0.99 0.88 0.55 0.95
Abduction SW 1.00 1.00 1.00 0.93 0.89 0.96 0.59 0.06 0.80

Hip (% gait cycle)

Flexion ST 1.00 0.99 1.00 0.96 0.92 0.97 0.90 0.83 0.94
Extension ST 0.92 0.77 0.97 0.81 0.64 0.90 0.46 0.00 0.71
Flexion SW 0.83 0.72 0.90 0.71 0.56 0.81 0.31 0.00 0.57
Adduction ST 1.00 1.00 1.00 0.95 0.92 0.97 0.78 0.63 0.87
Abduction SW 0.99 0.98 0.99 0.94 0.90 0.97 0.53 0.23 0.72

Knee (degree)

Flexion ST 1.00 1.00 1.00 0.91 0.86 0.95 0.57 0.08 0.78
Extension ST 1.00 1.00 1.00 1.00 0.99 1.00 0.74 0.56 0.84
Flexion SW 1.00 1.00 1.00 0.47 0.25 0.65 0.82 0.70 0.89
Range of motion 1.00 1.00 1.00 0.40 0.17 0.59 0.46 0.10 0.68
First abduction SW 1.00 1.00 1.00 0.99 0.98 0.99 0.00 0.00 0.35
Adduction SW 1.00 1.00 1.00 0.97 0.94 0.98 0.41 0.00 0.67
Second abduction SW 1.00 1.00 1.00 0.97 0.95 0.96 0.41 0.00 0.67

Knee (% gait cycle)

Flexion ST 0.99 0.98 0.99 0.88 0.81 0.93 0.81 0.18 0.93
Extension ST 0.98 0.97 0.99 0.94 0.83 0.97 0.21 0.00 0.53
Flexion SW 0.89 0.66 0.95 0.84 0.75 0.90 0.13 0.00 0.42
First abduction SW 0.97 0.93 0.98 0.84 0.74 0.90 0.48 0.12 0.69
Adduction SW 0.98 0.92 0.99 0.72 0.55 0.83 0.19 0.00 0.52
Second abduction SW 0.98 0.81 1.00 0.91 0.85 0.95 0.75 0.55 0.86

Ankle (degree)

Plantarflexion ST 0.23 0.00 0.51 0.11 0 0.314 0.33 0.00 0.60
Dorsiflexion ST 0.61 0.28 0.78 0.47 0.02 0.721 0.74 0.57 0.85
Plantarflexion SW 0.98 0.94 0.99 0.93 0.79 0.968 0.86 0.62 0.94
Dorsiflexion SW 0.82 0.63 0.90 0.72 0.25 0.875 0.83 0.65 0.91

Ankle (% gait cycle)

Plantarflexion ST 0.98 0.96 0.99 0.82 0.69 0.90 0.77 0.07 0.92
Dorsiflexion ST 0.95 0.92 0.97 0.22 0.00 0.44 0.36 0.00 0.62
Plantarflexion SW 0.92 0.82 0.96 0.84 0.75 0.90 0.27 0.00 0.55
Dorsiflexion SW 0.95 0.92 0.97 0.50 0.26 0.68 0.45 0.06 0.68

ICC ≥ 0.75 (%) 94% (29/31) 71% (22/31) 29% (9/31)

Remarks: ST = stance phase; SW = swing phase.

The highest ICC value was observed for knee extension in the stance phase (ICC = 0.97, excellent
reliability). In contrast, dorsiflexion during the stance phase showed poor reliability (ICC = 0.22)
(Table 1). After averaging all parameters for interobserver reliability, an ICCtotal = 0.79 (95% CI:
0.67–0.86) was observed (Table 2).

For interobserver reliability, the largest standard error was observed for hip adduction (% gait
cycle) during stance phase, as well as for ankle dorsiflexion (% gait cycle) during swing phase, with each
presenting with a standard error of σobserver = 4.4% (Table 3). Plantarflexion during the stance phase
had the worst detected angle (σobserver = 3.8◦). The largest ratio of interobserver to intrasubject error
was observed for knee abduction angle in the stance phase (σobserver = 2.4◦, r = 3.2; Table 3).
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Table 2. Calculated mean ICC values (ICCmean =mean of all parameters for hip, knee and ankle) and
95% confidence intervals (95% CI) for the ankle, knee and hip, as well as total mean ICC values (ICCtotal

= ICCmean hip + ICCmean knee + ICCmean ankle). Values for ICC above 0.75 were considered excellent
and marked in bold.

Joint Intraobserver (95% CI) Interobserver (95% CI)
Between-Laboratory

Intraobserver (95% CI)

Hip ∅ ICCmean 0.97 (0.95–0.99) 0.90 (0.84–0.94) 0.65 (0.27–0.81)
Knee ∅ ICCmean 0.98 (0.94–0.99) 0.83 (0.74–0.89) 0.46 (0.05–0.68)
Ankle ∅ ICCmean 0.81 (0.66–0.88) 0.58 (0.33–0.73) 0.58 (0.21–0.76)

∅ ICCtotal 0.93 (0.87–0.96) 0.79 (0.67–0.86) 0.56 (0.16–0.74)

Analysis of Variance
(ICCtotal)

Comparison of all three types of reliability: p < 0.001; ηp
2 = 0.533

Intraobserver vs. Interobserver: p < 0.001; ηp
2 = 0.399

Intraobserver vs. Between-laboratory intraobserver: p < 0.001; ηp
2 = 0.676

Interobserver vs. Between-laboratory intraobserver: p < 0.001; ηp
2 = 0.374

Remarks: ICCmean = mean of all parameters for hip, knee and ankle; ICCtotal = ICCmean hip + ICCmean knee +
ICCmean ankle divided by 3 (for all three types of reliability).

Table 3. Standard errors for intra- (σrepeated), inter- (σobserver) and between-laboratory intraobserver
(σsess(lab)) reliability. The inter-trial error is represented by r (r = σrepeated / σtrial; r = σobserver / σtrial;
r = σsess(lab)/ σtrial). Kinematic parameters for ankle-, knee- and hip-joints are presented by peak values
(amplitude) and associated time point during the gait cycle.

Parameter Intraobserver Interobserver Between-Laboratory Intraobserver

σobserver r σrepeated r σsess(lab) r

Jo
in

t
A

n
g

le
s

[d
e

g
re

e
]

H
ip

Flexion ST 1.2 1.0 1.3 1.0 1.6 1.4
Extension ST 0.8 1.0 0.9 1.0 1.6 1.7
Flexion SW 0.7 1.0 0.9 1.0 1.2 1.5
Adduction ST 1.0 1.0 1.2 1.0 1.5 1.6
Abduction SW 0.7 1.0 0.9 1.2 1.3 1.4

K
n

e
e

Flexion ST 2.1 1.0 2.4 1.0 2.3 1.2
Extension ST 1.3 1.0 1.9 1.3 1.7 1.4
Flexion SW 1.1 1.0 1.8 1.4 1.6 1.5
Range of motion 1.6 1.0 1.8 1.0 1.7 1.1
First abduction SW 0.8 1.0 2.4 3.2 4.2 5.1
Adduction SW 1.0 1.0 1.5 1.6 3.4 3.7
Second abduction SW 0.7 1.0 1.3 1.6 3.2 3.8

A
n

k
le

Plantarflexion ST 1.6 1.4 1.5 1.5 1.6 1.4
Dorsiflexion ST 1.7 1.3 1.5 1.3 1.4 1.1
Plantarflexion SW 2.5 1.1 3.8 1.7 3.6 1.5
Dorsiflexion SW 1.5 1.5 1.6 1.4 1.3 1.4

T
im

e
a

t
%

G
a

it
C

y
cl

e

H
ip

Flexion ST 1.4 1.0 1.9 1.2 1.3 1.2
Extension ST 0.8 1.0 0.9 1.2 1.2 1.2
Flexion SW 2.9 1.0 3.2 1.0 4.2 1.1
Adduction ST 3.8 1.0 4.4 1.0 5.4 1.0
Abduction SW 1.5 1.0 2.5 1.5 5.0 1.0

K
n

e
e

Flexion ST 0.8 1.0 1.1 1.1 1.0 1.2
Extension ST 1.4 1.0 1.7 1.1 1.4 1.1
Flexion SW 0.9 1.0 1.0 1.1 0.9 1.2
First abduction SW 2.7 1.0 3.0 1.0 2.1 1.0
Adduction SW 2.0 1.0 3.1 1.0 2.4 0.9
Second abduction SW 1.7 1.0 3.0 1.2 2.3 0.9

A
n

k
le

Plantarflexion ST 1.0 1.0 1.3 1.4 1.1 1.3
Dorsiflexion ST 1.0 1.0 1.2 1.2 1.2 1.0
Plantarflexion SW 0.9 1.0 1.0 1.1 1.1 1.3
Dorsiflexion SW 4.2 1.0 4.4 1.1 4.8 1.1

Analysis of
Variance

Intraobserver vs. Interobserver:
p < 0.001; ηp

2 = 0.498
Intraobserver vs. Between-Laboratory Intraobserver:

p = 0.001; ηp
2 = 0.325

Interobserver vs. Between-Laboratory Intraobserver:
p = 0.083; ηp

2 = 0.097

Remarks: ST = stance phase; SW = swing phase.
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3.2. Intraobserver Reliability

All intraobserver reliability variables fulfilled the assumption of normality. Intraobserver
reliability (ICCtotal = 0.93) was significantly (p < 0.001, ηp

2 = 0.399) higher than interobserver reliability
(ICCtotal = 0.79). When considering the total intraobserver ICC, excellent values were observed for
94% (29/31) of parameters, 3% (1/31) were fair to good and 3% (1/31) were poor (Table 1). Based on the
lower limit of the 95% CI, 87% (27/31) of the parameters showed an ICC value of at least 0.75 (excellent
reliability). For intraobserver reliability, the calculated standard errors (σrepeated) and SEM were smaller
than those for interobserver reliability (σrepeated) (Table 3, Tabel A2); however, these values were not
compared statistically. The highest error for intraobserver reliability existed for ankle dorsiflexion
during the swing phase (% gait cycle) (σrepeated = 4.2%), as well as plantarflexion during the swing
phase (mean σobserver = 2.5◦).

Intraobserver reliability across laboratories (between-laboratory intraobserver) was excellent in
29% (9/31) of all parameters, fair to good for 48% (15/31), and poor for 26% (8/31) (Table 1). The highest
ICC (0.90) was observed for hip flexion during the stance phase (% gait cycle). The worst ICC (0) was
calculated for knee abduction angle in the swing phase.

3.3. Between-Laboratory Intraobserver Reliability

All between-laboratory intraobserver reliability variables fulfilled the assumption of normality.
Between-laboratory intraobserver reliability for the entire lower limb (hip, knee, ankle) was poor
(ICCtotal = 0.56, Table 2). Excellent ICC values were only calculated for 29% (9/31) of parameters
(Table 1). Considering the lower limit of the 95% CI, no parameter reached an ICC level of 0.75.
Calculated standard errors between-laboratory intraobserver reliability (σsess(lab)) were larger than
those for interobserver and intraobserver reliability (Table 3). The largest standard errors were the
same as those found for interobserver reliability, which included hip adduction (% gait cycle) at the
stance phase with a mean σsess(lab) = 5.4%, and for ankle dorsiflexion (% gait cycle) at the stance phase
with a mean σsess(lab) = 4.8%. The largest ratio was again observed for knee abduction in the swing
phase (σsess(lab) = 4.2◦, r = 5.1) whereas its smallest inter-trial error was 0.8◦.

3.4. Variance Analysis

When comparing the between-site CGA data from GL1 and GL2, the general linear model revealed
significant differences (adjusted significance level: p ≤ 0.002) for 39% of all parameters (12/31) (Table 4).
Only three parameters (hip abduction swing phase (degree), hip extension stance phase (% gait cycle),
knee flexion swing phase (% gait cycle)) fulfilled all three statistical criteria (p ≤ 0.002 and ηp

2 ≥ 0.14
and d ≥ 0.80).
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Table 4. Single observer comparison between laboratories (means, standard deviations, general linear
model (GLM), standard error of measurement (SEM)). Significance level was set at 0.002. Large effect
sizes (d ≥ 0.8; ηp

2 ≥ 0.14) marked in bold.

Parameter
GL1 GL2 Analysis of Variance

d SEM
Mean SD Mean SD F p ηp

2

Hip (degree)
Flexion ST 36.5 2.79 38.1 1.68 2.44 0.121 0.02 0.72 1.41
Extension ST −7.19 2.00 −6.57 3.67 20.0 <0.001 0.15 0.22 1.50
Flexion SW 35.9 2.34 37.6 1.58 0.03 0.855 0.00 0.87 1.06
Adduction ST 5.04 3.94 6.71 3.72 3.32 0.071 0.03 0.44 1.33
Abduction SW −8.44 2.12 −7.02 1.37 141 <0.001 0.55 0.81 1.12
Hip (% gait cycle)
Flexion ST 3.00 3.65 3.45 3.17 79.2 <0.001 0.40 0.13 1.08
Extension ST 52.0 1.64 50.7 1.10 35.2 <0.001 0.32 0.95 1.01
Flexion SW 88.7 5.32 86.6 3.94 0.13 0.721 0.00 0.45 3.85
Adduction ST 27.1 10.4 25.2 8.15 25.7 <0.001 0.18 0.21 4.35
Abduction SW 67.2 8.23 65.4 3.20 0.67 0.416 0.01 0.32 3.92
Knee (degree)
Flexion ST 24.7 3.30 27.1 3.02 1.62 0.206 0.01 0.76 2.07
Extension ST 7.25 3.81 7.96 2.35 40.4 <0.001 0.26 0.23 1.57
Flexion SW 67.9 4.49 68.3 2.36 16.0 <0.001 0.12 0.12 1.45
Range of motion 60.7 1.72 60.4 2.27 3.35 0.070 0.03 0.15 1.47
First abduction SW 6.33 6.77 8.62 4.06 1.90 0.171 0.02 0.42 5.42
Adduction SW −0.07 7.73 0.46 2.48 9.26 0.003 0.08 0.10 3.92
Second abduction SW 4.96 7.33 5.83 1.60 0.00 0.960 0.00 0.20 3.43
Knee (% gait cycle)
Flexion ST 12.9 1.70 11.8 1.82 12.1 0.001 0.09 0.63 0.77
Extension ST 39.1 1.49 38.7 1.72 0.09 0.769 0.00 0.25 1.43
Flexion SW 72.9 0.78 72.0 1.03 19.2 <0.001 0.14 1.00 0.84
First abduction SW 64.5 1.80 64.5 3.01 0.11 0.740 0.00 0 1.73
Adduction SW 75.1 2.21 76.2 2.24 0.80 0.374 0.01 0.49 2.00
Second abduction SW 85.3 3.52 85.7 3.37 4.45 0.035 0.04 0.12 1.72
Ankle (degree)
Plantarflexion ST 0.06 2.79 1.34 1.11 39.1 <0.001 0.25 0.66 1.60
Dorsiflexion ST 18.0 2.66 17.5 2.00 3.06 0.083 0.03 0.22 1.19
Plantarflexion SW −11.3 10.7 -7.68 6.69 110 <0.001 0.49 0.42 3.25
Dorsiflexion SW 8.69 2.96 9.76 2.77 9.06 0.003 0.07 0.37 1.18
Ankle (% gait cycle)
Plantarflexion ST 6.43 1.83 5.22 1.65 12.7 0.001 0.10 0.70 0.84
Dorsiflexion ST 47.3 1.48 46.9 1.27 0.01 0.940 0.00 0.29 1.10
Plantarflexion SW 64.4 1.02 63.1 1.21 3.66 0.058 0.03 1.17 0.95
Dorsiflexion SW 91.4 5.37 87.7 5.37 0.20 0.656 0.00 0.69 3.98

Remarks: ST = stance phase; SW = swing phase; GL1 = laboratory 1; GL2 = laboratory 2.

3.5. Scatter-Plot Technique Suggested by Bland and Altman [22]

The Bland and Altman [22] scatter-plot technique revealed that the largest (worst) bounding
criterion was for frontal plane knee angle (−2.3 ± 16.1◦) (Figure 3d). The hip joint angles (Figure 3a,b),
as well as the sagittal plane angles of the knee joint (Figure 3c,d), had the lowest bounding range.
Ankle angles in general had a small bounding range (Figure 3e,f), with the exception of the maximum
plantarflexion angle during the swing phase (−3.6 ± 10.7◦).
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Figure 3. Bland and Altman plots presenting the computed differences between the clinical gait analysis
data from the first laboratory (GL1) and the second laboratory (GL2) for (a,b) hip joint, (c,d) knee joint
and (e,f) ankle joint. Each data point (test subject 1 = circle, test subject 2 = triangle, test subject 3 =
square) represents the computed difference between CGA data of GL1 and GL2 (ordinate) which was
plotted vs. the mean difference (abscissa) respectively, from the same healthy test subjects. The solid
horizontal line represents the mean of all the differences plotted, and the two dashed lines represent
the mean ± 2 SD (standard deviation) agreement interval, as defined by Bland and Altman [22].

3.6. Joint-Related Reliability

Inter- and intraobserver reliability for the ankle was in the fair-to-good and excellent ranges,
in contrast to the knee and hip, which showed excellent reliability only (Table 2, Table A2).
The within-site interobserver reliability for the ankle was ICCmean = 0.58 (95% CI: 0.33–0.73) compared
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with ICCmean = 0.81 (95% CI: 0.66–0.88) for intraobserver reliability. This was much lower than the
reliability for the knee (interobserver ICCmean = 0.83 (95% CI: 0.74–0.89), intraobserver ICCmean = 0.98
(95% CI: 0.94–0.99)) and hip (interobserver ICCmean = 0.90 (95% CI: 0.84–0.94), intraobserver ICCmean

= 0.97 (95% CI: 0.95–0.99)) (Table 2).
Between-laboratory intraobserver reliability showed fair-to-good reliability for all joints.

Within this reliability level, small differences were found for the knee (ICCmean = 0.46 (95% CI:
0.05–0.68)) in comparison to the ankle (between-laboratory intraobserver ICCmean = 0.58) and hip
(between-laboratory intraobserver ICCmean = 0.65 (95% CI: 0.27–0.81)).

Based on the ICCtotal, significant differences were calculated between all three types of reliability
(p < 0.001) (Table 2).

4. Discussion

The ability to exchange and compare clinical gait analysis data between laboratories is a valuable
tool to improve the monitoring of clinical treatments and rehabilitation progressions for patients with
musculoskeletal disease. Gait analysis data was thus compared in three ways in the present study.
First, to determine interobserver reliability; second, to determine intraobserver reliability; and finally,
to determine between-laboratory intraobserver reliability of CGA data between two gait laboratories.

In support of our first hypothesis, the total mean reliability was excellent for interobserver (ICCtotal

= 0.79, 95% CI: 0.67–0.86) and intraobserver reliability (ICCtotal = 0.93, 95% CI: 0.87–0.96) (Table 2).
For a single laboratory, we found fair-to-good or poor interobserver reliability, which suggests an
observer influence dependent on subjective observer variability and the different software used for
analysis (Workstation vs. Nexus) (Table 1). These results support those of previous work by Schwartz
et al. [10] (Table 3). We found excellent intraobserver reliability for one observer processing the data
using the same software (excluding observer and software error). Nonetheless, ICC values for inter-
and intraobserver reliability still fall under the excellent classification for a majority of the parameters
observed (interobserver: 71% parameters; intraobserver: 94% parameters).

The ankle displayed fair-to-good and excellent interobserver reliability, whereas the knee and hip
showed excellent reliability only (Table 2). This outcome is in general agreement with the systematic
review of McGinley et al. [3], who reported excellent intra- and interobserver reliability for the
parameters of the hip and knee joints in the sagittal-plane, and a lower reliability for the ankle joint.
However, the observed differences within ankle kinematics may in part be attributed to technical
improvements in the applied software (Nexus, version 1.3 vs. Workstation, version 4.6 build 142).
However, future research is needed to investigate this possibility.

For total mean reliability, we observed fair-to-good between-laboratory intraobserver reliability
(ICCtotal = 0.56, 95% CI: 0.16–0.74) and excellent inter- (ICCtotal = 0.79, 95% CI: 0.67–0.86) and
intraobserver reliability (ICCtotal = 0.93, 95% CI: 0.87–0.96). Only 26% of the between-laboratory
intraobserver parameters revealed excellent ICC values, whereas the remaining 74% fell within the
fair-to-good and poor ranges. Significant differences (p ≤ 0.002) were found in 39% of the compared
parameters (Table 4). This fair-to-good and poor reliability may be caused by differences in the
measurement system hardware configurations and by slight differences in marker placement between
data collection sessions. Both laboratories employed electro-optical motion capturing from the same
manufacturer, but use a different hardware configuration (capturing software, camera type).

According to our second hypothesis, we believed that CGA data could be accurately collected
between two gait laboratories, making such data interchangeable. An acceptance of this hypothesis
could be affirmed for 61% of the parameters, with significant differences (p ≤ 0.002) in the remaining
39% (Table 4). Between-laboratory intraobserver reliability of CGA data captured at two different gait
analysis laboratories had total ICC values at the fair-to-good level, which was lower than the excellent
inter- and intraobserver reliability values (Table 2). In general, differences were found at each joint
(ankle, knee, hip) for angle as well as for time-dependent (% gait cycle) analysis. The Bland–Altman
plots indicated a detectable amount of variation for specific parameters, such as the knee in the
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frontal plane (Figure 3d), when compared between laboratories. These plots also showed a small data
distribution for each individual observer, when compared between laboratories and the largest (worst)
bounding criteria for frontal plane knee angle (2.3 ± 16.1◦) (Figure 3d).

The standard errors for between-laboratory intraobserver analysis (maximum abduction at stance
phase σsess(lab) = 4.2, maximum adduction at swing phase σsess(lab) = 3.4, maximum second abduction
swing phase σsess(lab) = 3.2) supports the low between-laboratory intraobserver reliability found for
the knee (ICCmean = 0.46, Table 2). These values are twice as large as for inter- (maximum first
abduction stance phase σobserver = 2.4; maximum adduction/abduction swing phase σobserver = 1.5;
maximum second abduction swing phase σobserver = 1.3) and intraobserver reliability (maximum first
abduction stance phase σrepeated = 0.8; maximum adduction/abduction swing phase σrepeated = 1.0;
maximum second abduction swing phase σrepeated = 0.7). The lower between-laboratory intraobserver
reliability and significant differences observed indicate an influence of the applied motion capturing
camera technology on the captured CGA data between testing sites. In contrast to our measure of intra-
and interobserver variability in the between-laboratory comparison, the effect of different hardware
(cameras, lenses, Analog-to-digital (A/D) converter, etc.), as well as marker removal and replacement
between data sets can also contribute to lower reliability. The reduction in reliability suggests that the
detection of tracked markers may be affected by the different camera resolutions investigated (Vcam
with 0.3 million pixels, 659 x 439 black/white pixel sensor resolution vs. MXF with 2 million pixels,
1600 x 1280 grayscale pixel sensor resolution). We believe the effect of the measurement protocol
and observer dependence are probably small in comparison to available technical requirements,
existing in the different generations of cameras (i.e., sensor technology) because the ICC values of
the one-site interobserver reliability were much higher, falling well within the excellent classification.
These findings were somewhat different than those reported by Bucknall et al. [11], who observed
apparent differences during motion data captured simultaneously using three camera systems (612,
MX-13 and MX-F40).

Results of this study support the findings of Gorton et al. [8] and Bucknall et al. [11], which showed
a dependence of CGA data quality on system resources, as well as applying standardized measurement
protocols. The fact that CGA data quality could be affected by different camera types, even ones from
the same manufacturer, is problematic, not only in the context of multicenter investigations, but it
could also be a problem when comparing CGA data within institutions that have recently updated
their laboratory equipment. Based on these findings when multicenter investigations are considered,
it is important that both laboratories use the same or comparable camera equipment and software.

A limitation of this investigation was the sample size (n = 3). Each subject performed 20 barefoot
gait trials using a self-selected walking speed. Subjects had no gait pathologies, resulting in similar
gait patterns. This approach included the risk of correlated observations. On the other hand, it was
not feasible to conduct our investigation with actual patients (with gait pathologies) and a powered
sample, due to time restrictions in subject preparation (e.g., time required for marker application) and
transportation limitations between testing sites.

5. Conclusions

The results of this study showed higher intraobserver reliability than interobserver reliability for
CGA data conducted in a single gait analysis laboratory. There was weaker intra- and interobserver
reliability ankle kinematics when compared to the hip and knee. Inter- or intraobserver reliability for
data collected at a single laboratory was much stronger compared to data collected between laboratories.
The outcomes of this study indicate that CGA results are probably influenced by testing conditions,
such as laboratory equipment and software (capturing software and camera type). Peer-reviewed
literature has reported an effect on the repeatability of motion capture data using separate trials,
sessions and observers, etc. [5–7,9,10], and for multicenter repeatability focused on different applied
hardware configurations, marker placement, as well as between trials and days of measurement [3,8,11].
The results of the current study support these previous investigations, and suggest that when
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multicenter investigations are considered, it is important that both laboratories use the same or
comparable camera equipment and software. The reduced between-laboratory intraobserver reliability
implies that comparisons of CGA data between centers with varying measurement equipment are
generally not recommended.
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Appendix A

Table A1. Anthropometric data for each individual test subject.

Age
[years]

Body Weight
[kg]

Body Height
[cm]

Body Mass Index
[kg·m−2]

Subject 1 29 59 167 21
Subject 2 37 83 178 26
Subject 3 34 90 185 26

Mean 33.3 77.3 177 24.3
SD 4.04 16.3 9.07 2.89
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Table A2. Descriptive statistics (mean ± standard deviation) and SEM values reported for intra- and
interobserver reliability to describe the variability within and between subjects.

Parameter
Intraobserver Interobserver

Exam 1 Exam 2 SEM Observer 1 Observer 2 SEM

Hip (degree)
Flexion ST 38.2 ± 1.73 38.1 ± 1.68 0 38.1 ± 1.68 38.1 ± 1.69 0.29
Extension ST −6.58 ± 3.68 −6.57 ± 3.67 0 −6.57 ± 3.67 −6.24 ± 4.49 2.00
Flexion SW 37.6 ± 1.62 37.6 ± 1.58 0 37.6 ± 1.58 37.7 ± 1.61 0.16
Adduction ST 6.69 ± 3.71 6.71 ± 3.72 0 6.71 ± 3.72 6.53 ± 3.74 0.53
Abduction SW −7.01 ± 1.38 −7.02 ± 1.37 0 −7.02 ± 1.37 −6.96 ± 1.45 0.37
Hip (% gait cycle)
Flexion ST 3.55 ± 3.19 3.45 ± 3.17 0 3.45 ± 3.17 3.73 ± 3.38 0.66
Extension ST 51.0 ± 1.17 50.7 ± 1.10 0.32 50.7 ± 1.10 51.0 ± 1.13 0.49
Flexion SW 86.6 ± 3.05 86.6 ± 3.94 1.44 86.6 ± 3.94 86.2 ± 3.26 1.94
Adduction ST 25.2 ± 8.38 25.2 ± 8.15 0 25.2 ± 8.15 24.8 ± 7.81 1.78
Abduction SW 65.7 ± 3.39 65.4 ± 3.20 0.33 65.4 ± 3.20 65.1 ± 3.53 0.82
Knee (degree)
Flexion ST 27.2 ± 3.03 27.1 ± 3.02 0 27.1 ± 3.02 27.1 ± 3.16 0.93
Extension ST 7.91 ± 2.39 7.96 ± 2.35 0 7.96 ± 2.35 7.86 ± 2.44 0
Flexion SW 68.3 ± 2.33 68.3 ± 2.36 0 68.3 ± 2.36 67.7 ± 4.58 2.53
Range of motion 60.4 ± 2.27 60.4 ± 2.27 0 60.4 ± 2.27 59.9 ± 4.48 2.61
First abduction SW 8.61 ± 4.03 8.62 ± 4.06 0 8.62 ± 4.06 8.44 ± 3.81 0.39
Adduction SW 0.44 ± 2.41 0.39 ± 2.45 0 0.39 ± 2.45 0.60 ± 2.33 0.41
Second abduction SW 5.79 ± 1.58 5.86 ± 1.60 0 5.86 ± 1.60 5.75 ± 1.47 0.27
Knee (% gait cycle)
Flexion ST 11.9 ± 1.88 11.8 ± 1.82 0.19 11.8 ± 1.82 11.9 ± 1.69 0.61
Extension ST 38.8 ± 1.75 38.7 ± 1.72 0.25 38.7 ± 1.72 38.4 ± 1.89 0.44
Flexion SW 72.4 ± 0.97 72.0 ± 1.03 0.33 72.0 ± 1.03 71.9 ± 1.09 0.42
First abduction SW 65.0 ± 3.22 64.5 ± 3.01 0.54 64.5 ± 3.01 64.8 ± 2.96 1.19
Adduction SW 76.6 ± 2.20 76.1 ± 2.23 0.31 76.1 ± 2.23 75.5 ± 3.11 1.41
Second abduction SW 86.4 ± 3.31 85.8 ± 3.30 0.47 85.8 ± 3.30 85.8 ± 3.78 1.06
Ankle (degree)
Plantarflexion ST 0.37 ± 1.32 1.34 ± 1.11 1.07 1.34 ± 1.11 −0.17 ± 1.24 1.11
Dorsiflexion ST 16.6 ± 1.11 17.5 ± 2.00 0.97 17.5 ± 2.00 16.0 ± 1.68 1.34
Plantarflexion SW −8.66 ± 6.08 −7.68 ± 6.69 0.90 −7.68 ± 6.69 −9.01 ± 5.64 1.63
Dorsiflexion SW 8.92 ± 1.56 9.76 ± 2.77 0.92 9.76 ± 2.77 8.45 ± 2.25 1.33
Ankle (% gait cycle)
Plantarflexion ST 5.35 ± 1.49 5.22 ± 1.65 0.22 5.22 ± 1.65 5.57 ± 1.31 0.42
Dorsiflexion ST 47.0 ± 1.41 46.9 ± 1.27 0.30 46.9 ± 1.27 45.7 ± 4.46 2.53
Plantarflexion SW 63.4 ± 1.12 63.1 ± 1.21 0.33 63.1 ± 1.21 62.9 ± 1.04 0.45
Dorsiflexion SW 87.6 ± 5.16 87.7 ± 5.37 1.18 87.7 ± 5.37 85.7 ± 3.81 3.25

Remarks: ST = stance phase; SW = swing phase; Exam = examination.
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