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Preface

In examining biological functional materials and devices closely concerned with cardiovascular

diseases and orthopedic diseases, we edited the Special Issue “Biomechanical Study and Analysis for

Cardiovascular/Skeletal Materials and Devices”. We would like to thank the “Journal of Functional

Biomaterials” for the opportunity to publish this work, and we would also like to thank all the

associated researchers for their support.

This Special Issue includes a total of 22 articles. The range of interventional medical devices in

cardiovascular and orthopedic fields is relatively broad. Therefore, the research content of this Special

Issue involves the application of polymer biomaterials, metal biomaterials, organic biomaterials,

composite biomimetic materials, etc. This Special Issue focuses on the research hotspots of the

biomechanical properties of cardiovascular/skeletal materials and devices. By editing this Special

Issue, we hope to help researchers better understand the fundamental problems and challenges

in current research related to cardiovascular/skeletal materials and devices, and we also hope to

provide theoretical support for solving clinical problems related to cardiovascular/skeletal diseases.

In future work, more in-depth attention should be paid to cross-sectional fundamental and clinical

issues related to bone-vascular cross-talk, and existing research should be utilized within clinical

applications to effectively solve problems that plague human health.

Aike Qiao, Haisheng Yang, and Yongliang Mu

Editors

xi





Citation: Qiao, A.; Du, T.; Yang, H.;

Mu, Y. Biomechanical Study and

Analysis for Cardiovascular/Skeletal

Materials and Devices. J. Funct.

Biomater. 2023, 14, 398. https://

doi.org/10.3390/jfb14080398

Received: 28 June 2023

Revised: 24 July 2023

Accepted: 24 July 2023

Published: 26 July 2023

Copyright: © 2023 by the authors.

Licensee MDPI, Basel, Switzerland.

This article is an open access article

distributed under the terms and

conditions of the Creative Commons

Attribution (CC BY) license (https://

creativecommons.org/licenses/by/

4.0/).

Journal of 

Functional

Biomaterials

Editorial

Biomechanical Study and Analysis for Cardiovascular/Skeletal
Materials and Devices

Aike Qiao 1,*,†, Tianming Du 1,†, Haisheng Yang 1 and Yongliang Mu 2

1 Faculty of Environment and Life, Beijing University of Technology, Beijing 100124, China;
dutianming@bjut.edu.cn (T.D.); haisheng.yang@bjut.edu.cn (H.Y.)

2 School of Metallurgy, Northeastern University, Shenyang 110819, China; muyl@smm.neu.edu.cn
* Correspondence: qak@bjut.edu.cn
† These authors contributed equally to this work.

The Special Issue entitled “Biomechanical Study and Analysis for Cardiovascular/Skeletal
Materials and Devices” addresses biological functional materials and devices relevant to cardio-
vascular diseases and orthopedic conditions. We are grateful for the opportunity provided by
the Journal of Functional Biomaterials and the strong support of the researchers involved.

This Special Issue comprises a total of 22 articles, covering a wide range of interven-
tional medical devices in the cardiovascular and orthopedic fields. The research presented
in this Special Issue covers various applications of polymer biomaterials, metal biomaterials,
organic biomaterials, and composite biomimetic materials [1–6]. The primary focus of
this Special Issue is to investigate the biomechanical properties of cardiovascular/skeletal
materials and devices, reflecting current research interests. In the subsequent sections, we
provide a concise overview of the key aspects and challenges in the study of commonly used
biological functional materials in cardiovascular and orthopedic fields. We also discuss
future research trends, drawing insights from the articles featured in this Special Issue.

1. Why Study the Biomechanical Properties of Biomaterials for Cardiovascular/Skeletal

Applications?

Cardiovascular and orthopedic diseases are two global epidemic diseases with far-
reaching medical and socio-economic consequences [7]. Understanding the mechanical
characteristics of arterial walls, blood flow, and valves holds great importance for the
diagnosis, management, and treatment of cardiovascular diseases [8–10]. At the same time,
bone tissue serves as a crucial weight-bearing structure within the body [11]. Consequently,
the mechanical properties of implant materials and devices play a pivotal role in addressing
cardiovascular and orthopedic diseases.

2. Research Progress of “Biomechanical Study and Analysis for Cardiovascular/Skeletal

Materials and Devices”

(1) A new phenomenon of interstitial fluid (ISF) microflow in perivascular and

adventitial spaces around neurovascular bundles was reported. Within this
Special Issue, Kong et al. presented novel observations regarding the microflow
of interstitial fluid (ISF) within the perivascular and adventitial clearances (PAC)
surrounding neurovascular bundles [12]. This study not only enhances our
understanding of ISF circulation throughout the body but also provides insights
into the fundamental architecture of PAC. It helps to lay the foundation for the
kinematics and dynamics of the ISF flow along the PAC around neurovascular
bundles. Consequently, it establishes a basis for investigating the kinematics
and dynamics of ISF flow along the PAC surrounding neurovascular bundles.

(2) Matching of mechanical properties and degradation performance of metal

biomaterials is currently a focus of attention in both orthopedic and cardio-

vascular materials [13]. In this Special Issue, Zhang et al. conducted numerical

J. Funct. Biomater. 2023, 14, 398. https://doi.org/10.3390/jfb14080398 https://www.mdpi.com/journal/jfb1
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simulations to investigate material degradation [14]. Their study revealed
that the suggested non-uniform degradation model, incorporating multiple
factors for biodegradable endovascular stents, exhibited distinct phenomena
when compared to commonly employed models. Furthermore, the numerical
simulation results were found to align more closely with real-world degra-
dation scenarios. In addition, various biodegradable porous materials were
developed and demonstrated favorable compatibility between degradation and
mechanical properties. For instance, biodegradable porous zinc stents and high-
strength porous hydrogels showed promising biocompatibility for bone tissue
engineering [2,3].

(3) Improving biomaterials through biomimetic mineralization. The composite
properties of cardiovascular and skeletal systems play a vital role in their re-
markable functionality as human tissues. In recent studies, there has been
considerable interest in the investigation of biomimetic materials. Du et al.
highlighted the significance of collagen mineralization research, which not only
provides insights into the formation mechanisms of physiological tissues in
humans but also holds promise for the development of more suitable biological
functional materials for treating orthopedic diseases [11,15].

(4) Advanced imaging, detection equipment, and computer technology have also

greatly promoted the development of this field [16]. A balloon dilatation
catheter plays a critical role in percutaneous transluminal angioplasty proce-
dures. In this Special Issue, Li et al. aimed to enhance our understanding of
the underlying patterns by employing a highly realistic simulation method
for balloon folding. They compared the trackability of balloons constructed
from different materials, seeking to provide more effective insights [1]. This
simulation-based approach allows for the evaluation of balloon performance
when navigating curved paths, offering more precise and detailed data feedback
compared to traditional benchtop experiments. Additionally, Lv et al. con-
ducted a meticulous quantification of coronary artery plaque morphology and
predicted cap thickness and stress/strain index. They employed a combination
of IVUS, OCT data, biomechanical models, and machine-learning techniques
for accurate assessments [17]. Furthermore, Huang et al. developed an auto-
matic multilayer segmentation and repair method to extract multilayer vessel
geometries from OCT images, facilitating the construction of biomechanical
models [18]. The proposed segmentation technique holds significant potential
for wide-ranging applications in vulnerable plaque research.

3. Summary

Through curating this Special Issue, our intention is to enhance researchers’ com-
prehension of the fundamental issues and challenges prevalent in current investigations
concerning cardiovascular/skeletal materials and devices. Furthermore, we aim to offer
theoretical foundations that contribute to resolving clinical problems associated with car-
diovascular and skeletal diseases. In future endeavors, it is imperative to allocate more
extensive attention to interdisciplinary investigations encompassing bone–vascular cross-
talk, both at fundamental and clinical levels. Additionally, we emphasize the importance of
translating existing research studies into practical clinical applications, thereby effectively
addressing the pressing health concerns affecting humanity.

Author Contributions: Conceptualization, A.Q. and T.D.; investigation, T.D.; resources, A.Q. and
T.D.; writing—original draft preparation, T.D. and A.Q.; writing—review and editing, A.Q. and T.D.;
supervision, A.Q.; project administration, A.Q., T.D., H.Y. and Y.M.; funding acquisition, T.D. and
A.Q. All authors have read and agreed to the published version of the manuscript.

Funding: This research was supported by the National Natural Science Foundation of China [grant
numbers 12172018 and 12202023] and the Joint Program of Beijing Municipal—Beijing Natural Science
Foundation [grant number KZ202110005004].

2



J. Funct. Biomater. 2023, 14, 398

Data Availability Statement: The data presented in this paper are available on request from the
corresponding author.

Conflicts of Interest: The authors declare no conflict of interest.

References

1. Li, T.; Zhang, Z.; Wang, W.; Mao, A.; Chen, Y.; Xiong, Y.; Gao, F. Simulation and Experimental Investigation of Balloon Folding
and Inserting Performance for Angioplasty: A Comparison of Two Materials, Polyamide-12 and Pebax. J. Funct. Biomater. 2023,
14, 312. [CrossRef] [PubMed]

2. Ge, Q.; Liu, X.; Qiao, A.; Mu, Y. Compressive properties and degradable behavior of biodegradable porous zinc fabricated with
the protein foaming method. J. Funct. Biomater. 2022, 13, 151. [CrossRef] [PubMed]

3. Xiang, C.; Zhang, X.; Zhang, J.; Chen, W.; Li, X.; Wei, X.; Li, P. A Porous Hydrogel with High Mechanical Strength and
Biocompatibility for Bone Tissue Engineering. J. Funct. Biomater. 2022, 13, 140. [CrossRef] [PubMed]

4. Yan, W.; Yang, F.; Liu, Z.; Wen, Q.; Gao, Y.; Niu, X.; Zhao, Y. Anti-Inflammatory and Mineralization Effects of an ASP/PLGA-
ASP/ACP/PLLA-PLGA Composite Membrane as a Dental Pulp Capping Agent. J. Funct. Biomater. 2022, 13, 106. [CrossRef]
[PubMed]

5. Chi, Q.-Z.; Ge, Y.-Y.; Cao, Z.; Long, L.-L.; Mu, L.-Z.; He, Y.; Luan, Y. Experimental Study of the Propagation Process of Dissection
Using an Aortic Silicone Phantom. J. Funct. Biomater. 2022, 13, 290. [CrossRef] [PubMed]

6. Kaneuji, A.; Chen, M.; Takahashi, E.; Takano, N.; Fukui, M.; Soma, D.; Tachi, Y.; Orita, Y.; Ichiseki, T.; Kawahara, N. Collarless
Polished Tapered Stems of Identical Shape Provide Differing Outcomes for Stainless Steel and Cobalt Chrome: A Biomechanical
Study. J. Funct. Biomater. 2023, 14, 262. [CrossRef] [PubMed]

7. Sellahewa, S.G.; Li, J.Y.; Xiao, Q. Updated Perspectives on Direct Vascular Cellular Reprogramming and Their Potential
Applications in Tissue Engineered Vascular Grafts. J. Funct. Biomater. 2022, 14, 21. [CrossRef] [PubMed]

8. Wang, L.; Maehara, A.; Lv, R.; Guo, X.; Zheng, J.; Billiar, K.L.; Mintz, G.S.; Tang, D. Image-Based Finite Element Modeling
Approach for Characterizing In Vivo Mechanical Properties of Human Arteries. J. Funct. Biomater. 2022, 13, 147. [CrossRef]
[PubMed]

9. Ohta, M.; Sakamoto, N.; Funamoto, K.; Wang, Z.; Kojima, Y.; Anzai, H. A Review of Functional Analysis of Endothelial Cells in
Flow Chambers. J. Funct. Biomater. 2022, 13, 92. [CrossRef] [PubMed]

10. Yang, Y.; Li, Y.; Liu, C.; Zhou, J.; Li, T.; Xiong, Y.; Zhang, L. Hemodynamic Analysis of the Geometric Features of Side Holes Based
on GDK Catheter. J. Funct. Biomater. 2022, 13, 236. [CrossRef] [PubMed]

11. Niu, Y.; Du, T.; Liu, Y. Biomechanical characteristics and analysis approaches of bone and bone substitute materials. J. Funct.
Biomater. 2023, 14, 212. [CrossRef] [PubMed]

12. Kong, Y.; Yu, X.; Peng, G.; Wang, F.; Yin, Y. Interstitial Fluid Flows Along Perivascular and Adventitial Clearances around
Neurovascular Bundles. J. Funct. Biomater. 2022, 13, 172. [CrossRef] [PubMed]

13. Liu, Y.; Du, T.; Qiao, A.; Mu, Y.; Yang, H. Zinc-Based Biodegradable Materials for Orthopaedic Internal Fixation. J. Funct. Biomater.
2022, 13, 164. [CrossRef] [PubMed]

14. Zhang, H.; Du, T.; Chen, S.; Liu, Y.; Yang, Y.; Hou, Q.; Qiao, A. Finite Element Analysis of the Non-Uniform Degradation of
Biodegradable Vascular Stents. J. Funct. Biomater. 2022, 13, 152. [CrossRef] [PubMed]

15. Du, T.; Niu, Y.; Liu, Y.; Yang, H.; Qiao, A.; Niu, X. Physical and Chemical Characterization of Biomineralized Collagen with
Different Microstructures. J. Funct. Biomater. 2022, 13, 57. [CrossRef] [PubMed]

16. Zhang, Z.; Xiong, Y.; Hu, J.; Guo, X.; Xu, X.; Chen, J.; Wang, Y.; Chen, Y. A Finite Element Investigation on Material and Design
Parameters of Ventricular Septal Defect Occluder Devices. J. Funct. Biomater. 2022, 13, 182. [CrossRef] [PubMed]

17. Lv, R.; Wang, L.; Maehara, A.; Matsumura, M.; Guo, X.; Samady, H.; Giddens, D.P.; Zheng, J.; Mintz, G.S.; Tang, D. Com-
bining IVUS+ OCT Data, Biomechanical Models and Machine Learning Method for Accurate Coronary Plaque Morphology
Quantification and Cap Thickness and Stress/Strain Index Predictions. J. Funct. Biomater. 2023, 14, 41. [CrossRef] [PubMed]

18. Huang, M.; Maehara, A.; Tang, D.; Zhu, J.; Wang, L.; Lv, R.; Zhu, Y.; Zhang, X.; Matsumura, M.; Chen, L.; et al. Human
Coronary Plaque Optical Coherence Tomography Image Repairing, Multilayer Segmentation and Impact on Plaque Stress/Strain
Calculations. J. Funct. Biomater. 2022, 13, 213. [CrossRef] [PubMed]

Disclaimer/Publisher’s Note: The statements, opinions and data contained in all publications are solely those of the individual
author(s) and contributor(s) and not of MDPI and/or the editor(s). MDPI and/or the editor(s) disclaim responsibility for any injury to
people or property resulting from any ideas, methods, instructions or products referred to in the content.

3



Citation: Mitsuzuka, K.; Li, Y.;

Nakayama, T.; Anzai, H.; Goanno, D.;

Tupin, S.; Zhang, M.; Wang, H.;

Horie, K.; Ohta, M. A Parametric

Study of Flushing Conditions for

Improvement of Angioscopy

Visibility. J. Funct. Biomater. 2022, 13,

69. https://doi.org/10.3390/

jfb13020069

Academic Editor: Chunming Wang

Received: 26 April 2022

Accepted: 27 May 2022

Published: 1 June 2022

Publisher’s Note: MDPI stays neutral

with regard to jurisdictional claims in

published maps and institutional affil-

iations.

Copyright: © 2022 by the authors.

Licensee MDPI, Basel, Switzerland.

This article is an open access article

distributed under the terms and

conditions of the Creative Commons

Attribution (CC BY) license (https://

creativecommons.org/licenses/by/

4.0/).

Journal of 

Functional

Biomaterials

Article

A Parametric Study of Flushing Conditions for Improvement of
Angioscopy Visibility

Kohei Mitsuzuka 1,2, Yujie Li 1,3, Toshio Nakayama 4, Hitomi Anzai 1, Daisuke Goanno 1,2, Simon Tupin 1,

Mingzi Zhang 1,5, Haoran Wang 1, Kazunori Horie 6 and Makoto Ohta 1,*

1 Institute of Fluid Science, Tohoku University, 2-1-1 Katahira, Aoba-ku, Sendai 980-8577, Japan;
k.mitsuzuka0326@gmail.com (K.M.); jessie.li@torrens.edu.au (Y.L.); hitomi.anzai.b5@tohoku.ac.jp (H.A.);
daisuke.goanno.r1@dc.tohoku.ac.jp (D.G.); s.tupin@tohoku.ac.jp (S.T.); mingzi.zhang@mq.edu.au (M.Z.);
victorytcwang@gmail.com (H.W.)

2 Graduate School of Biomedical Engineering, Tohoku University, 6-6 Azaaoba, Aramaki, Aoba-ku,
Sendai 980-8579, Japan

3 Centre for Healthy Futures, Torrens University Australia, 1-51 Foveaux Street, Sydney, NSW 2010, Australia
4 National Institute of Technology, Nara College, 22 Yatacho, Yamatokoriyama 639-1080, Japan;

tnakayama@ctrl.nara-k.ac.jp
5 Macquarie Medical School, Faculty of Medicine, Health, and Human Sciences, Macquarie University,

75 Talavera Rd., Sydney, NSW 2109, Australia
6 Department of Cardiology, Sendai Kousei Hospital, 4-15 Hirose, Aoba-ku, Sendai 980-0873, Japan;

horihori1015@gmail.com
* Correspondence: makoto.ohta@tohoku.ac.jp; Tel.: +81-22-217-53-09

Abstract: During an angioscopy operation, a transparent liquid called dextran is sprayed out from
a catheter to flush the blood away from the space between the camera and target. Medical doctors
usually inject dextran at a constant flow rate. However, they often cannot obtain clear angioscopy
visibility because the flushing out of the blood is insufficient. Good flushing conditions producing
clear angioscopy visibility will increase the rate of success of angioscopy operations. This study aimed
to determine a way to improve the clarity for angioscopy under different values for the parameters of
the injection waveform, endoscope position, and catheter angle. We also determined the effect of a
stepwise waveform for injecting the dextran only during systole while synchronizing the waveform
to the cardiac cycle. To evaluate the visibility of the blood-vessel walls, we performed a computational
fluid dynamics (CFD) simulation and calculated the visible area ratio (VAR), representing the ratio of
the visible wall area to the total area of the wall at each point in time. Additionally, the normalized
integration of the VAR called the area ratio (ARVAR) represents the ratio of the visible wall area as
a function of the dextran injection period. The results demonstrate that the ARVAR with a stepped
waveform, bottom endoscope, and three-degree-angle catheter results in the highest visibility, around
25 times larger than that under the control conditions: a constant waveform, a center endoscope,
and 0 degrees. This set of conditions can improve angioscopy visibility.

Keywords: coronary angioscopy; flush conditions; CFD; two-phase flow; dextran injection

1. Introduction

Ischemic heart disease (IHD) (e.g., heart infarction and angina pectoris) has been a
primary cause of death in the world [1]. The IHD is caused by stenosis inside the coronary
artery [2]. With the chronic deposition of cholesterols and other substances in the blood,
the arterial lumen becomes narrow, and the blood flow is partially or totally blocked. The
lack of oxygen leads to the dysfunction of heart muscle. When medical doctors perform
percutaneous coronary intervention (PCI) as a treatment method for IHD, they need to
evaluate the condition of the thrombus and plaque before and after the procedure to
perform the PCI procedure safely. The color of the thrombus and plaque is an essential
marker of their condition [3,4].
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Angiography, intravascular ultrasound (IVUS) [5–7] and optical coherence tomogra-
phy [8,9] are frequently used to observe the blood-vessel wall. However, they provide only
an indirect view of the plaque. Angioscopy provides sequential visual images through a
camera and directly visualizes the wall and plaque. Medical doctors seek color information
for the plaque on the wall, thrombus, and plaque protrusion, and the vessel’s morphol-
ogy [10,11]. There are several papers with statistical analyses describing the capabilities of
angioscopy for plaque-color classification or stent-coverage investigations [12,13]. During
angioscopy, for taking images, the blood in the artery needs to be removed by using a trans-
parent liquid. Low-molecular-weight dextran is often used as the transparent liquid [14,15].
Previously, the coronary artery was completely blocked using a balloon to stop the blood
flow. Then, dextran was sprayed out of the catheter to remove the blood. This method
allowed doctors to record images easily [16]. However, balloon occlusion poses a risk of
IHD because of the complete cessation of the blood supply [17], so the use of a balloon is
gradually being phased out to avoid this risk [18]. The new method is performed without
a balloon, and the dextran is sprayed out while the images are being taken. Komatsu
et al. examined the possibility of increasing the visibility by increasing the flow rate [17].
However, there is still a risk of blood-flow blockage due to over-flushing.

To improve the visibility during angioscopy, several studies on shape improvements
for the catheter have been conducted. Li et al. proposed several optimized designs for the
catheter [19]. Yamakoshi et al. developed a catheter with a hood geometry at its tip for
keeping the dextran in front of the camera [20]. Okayama et al. developed a catheter with
holes on its side surface to spray the dextran to the wall, to make the flush flow reach the
vessel wall [21]. Additionally, Faisal et al. investigated the flushing flow conditions and
pressure inside the artery during angioscopy using a simplified model to optimize the hole
shape on the catheter [22]. These studies and developments appear promising but realizing
the use of these new devices in treatment may take time, as their effectivity is verified.

We hypothesize that the visibility can be improved not only with one condition, but
with several conditions. Several candidate conditions that could affect the angioscopy
visibility are shown in Table 1. Some of these may have more substantial effects on visibility.
The improvement of these conditions will be applicable to not only the conventional
devices, but also the next generation of devices. Therefore, this study sought to determine
a method for realizing clearer angioscopy under different values for the parameters of the
injection waveform, endoscope position, and catheter angle, using computational fluid
dynamics (CFD).

Table 1. Flushing conditions considered to affect the angioscopy visibility. Underlined conditions
were investigated in this study.

Flushing Conditions

Geometry Flow

Endoscope position in the catheter Dextran injection waveform

Catheter angle Dextran flow rate

Catheter position in the blood vessel Dextran injection timing

Use of balloon Blood flow rate

2. Materials and Methods

2.1. Model

Figure 1 shows coronary vascular, catheter, and endoscope models. These models were
constructed using CAD software (SolidWorks, Dassault, France). The coronary vascular
model was a straight 2.00 mm-diameter vessel. The angioscopy model consisted of a
straight catheter and an endoscope. The straight catheter was set in the center of the blood
vessel. The outer and inner diameters of the catheter were 1.70 and 1.42 mm, respectively.
The total lengths of the blood vessel and catheter were 35.00 and 7.55 mm, respectively.
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The endoscope model (Smart-iTM type S11, SURGE TEC Corp., Tokyo, Japan) consisted
of the camera, 0.50 mm-diameter camera cord, and 0.36 mm-diameter guidewire model.
The shape of the camera featured a lean on the camera lens. The camera lens was assumed
to be placed at the orange point shown in Figure 2. The center axis of the camera lens
was 0.30 mm away from the blood vessel’s central axis in the y-direction. The viewing
angle of the camera was set at 60 degrees based on the instructions for the endoscope. The
endoscope was set in the center of the catheter, and this model was called the center model.
In this study, the depth of the field was set as unlimited.

Figure 1. Basic model of blood vessel, catheter, and endoscope, called the center model. The straight
catheter model was set in the center of the blood vessel. The endoscope was located at the center of
the catheter.

Figure 2. Camera viewing angle of the endoscope. The orange point and black dotted line represent
the camera lens position and camera viewing angle, respectively. The red line denotes the center axis
of the blood vessel. The red dashed line is passing through the camera lens position and perpendicular
to the XY plane.

Here, we changed the endoscope position and catheter angle with respect to the
angioscope geometry. Three models were prepared to change the endoscope position in the
catheter. The endoscope was brought into contact with the top, side, and bottom wall of the
catheter, respectively (Figure 3A). Additionally, the models with the top, side, and bottom
endoscopes were called the top, side, and bottom (0◦) models, respectively. Three models
with different catheter angles were prepared. The 2.55 mm-length part of the catheter tip
was angled at 1, 2, and 3 degrees in the bottom direction (Figure 3B). The endoscope in the
angled catheter model was brought into contact with the catheter’s bottom inner wall. The
models with the 1-, 2-, and 3-degree catheters were called the bottom (1◦), bottom (2◦), and
bottom (3◦) models, respectively.
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Figure 3. Models of different (A) endoscope positions in the catheter and (B) catheter angles. In (A),
in addition to the model of (a) the center endoscope, the endoscope was brought into contact with
the (b) top, (c) bottom, and (d) sidewall of the catheter. The red dashed circle of each position is the
contact point between the endoscope and catheter wall. In (B), based on (a) the center model, the
2.55 mm-length part of the catheter tip was angled by 1, 2, and 3 degrees in the bottom direction. Red
lines are the centerline of the blood vessel. Red dashed lines are the centerline of the angled part of
the catheter.

The center model was used to study the effect of the injection waveform on the an-
gioscopy visibility. Additionally, the stepped waveform was applied on all the other cases.

The fluid domains of the blood vessel and catheter were discretized into tetrahedron
elements using ANSYS Meshing 2019 R1 (ANSYS Inc., Canonsburg, PA, USA), with finer
elements of less than 0.0860 mm for the blood-vessel domain and 0.0220 and 0.0710 mm for
the domain around and before the camera in the catheter, respectively. These mesh sizes
were decided on based on the results of the mesh sensitivity analysis according to the grid
convergence index (GCI) [23]. The mesh numbers of each model are shown in Table 2.

Table 2. The mesh numbers of each model.

Model
Mesh Number

(Million)
Model

Mesh Number
(Million)

Model
Mesh Number

(Million)

center 3.3 Top 3.8 Bottom (1◦) 6.0
Bottom (0◦) 5.6 Bottom (2◦) 6.2

Side 3.8 Bottom (3◦) 5.7

2.2. Boundary Condition

As the blood flow rate at the inlet, the physiological pulsatile blood flow rate of the
left anterior descending artery shown in Figure 4 was applied to a previous study [24]. The
maximum and minimum blood flow rates were 54 and 9 mL/min, respectively. Two pat-
terns of a dextran boundary condition with different injection waveforms were compared
(Figure 4). Figure 4a shows the boundary condition for reproducing a situation in which a
doctor injected dextran continuously under a constant-flow-rate condition within the dex-
tran volume limitation. This injection waveform is called a constant waveform. Figure 4b
shows the boundary condition for injecting dextran only during a 0.5 s systole. In this
condition, it became possible to increase the maximum dextran flow rate up to 180 mL/min
while the total volume of the dextran was maintained. This injection waveform is called the
stepped waveform. The cardiac cycle of both the blood and dextran flow rate curve was
1.0 s in both injection waveform conditions. When the waveform was constant, after one
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cardiac cycle, only blood flowed from the inlet under the condition that the dextran flow
rate was 0 during the 1.0 s cardiac cycle. The 2.0 s set of these two cycles was simulated
for 4.0 s. The result of only the second injection was evaluated. When the waveform was
stepped, all the cases were simulated for three cycles (3.0 s). The result of the only third
cycle was evaluated. A zero-pascal relative pressure condition was set at the extended
outlet. The artery, catheter, and endoscope wall were defined as stationary, with a no-slip
condition. The CFD calculations were carried out using a finite volume method in ANSYS
CFX 2019 R1 (ANSYS Inc., Canonsburg, PA, USA).

Figure 4. Inlet boundary condition of each injection waveform. The blood flow rate was the physio-
logical pulsatile curve shown in both (a,b): (a) was continuous dextran injection under the constant-
flow-rate condition; (b) was the dextran injection only during the 0.5 s systole. The injection when the
blood flow rate was higher was stopped, and the maximum dextran flow rate was increased within
the limitation of the dextran volume that could be injected.

2.3. Analysis Conditions

The density and viscosity of the blood were 1060 kg/m3 and 3.50 × 10−3 Pa s, re-
spectively [25]. Additionally, the dextran’s density and viscosity were 1043 kg/m3 and
4.99 × 10−3 Pa s, respectively, which Otsuka Pharmaceutical Co., Ltd. cited. The blood
and dextran flow was assumed to be that of an incompressible Newtonian fluid within
a turbulent regime under transient conditions. The k-ε model was selected to model the
turbulent flow with wall functions to model the mass fluxes in the turbulent boundary
layer based on molar fluxes and molar fractions of the non-condensable fluid. The timestep
size for the simulation was 0.005 s. The root mean square normalized residuals of the
momentum and continuity of the iterative calculation were set to 0.0001.

2.4. Evaluation Indices

To evaluate the angioscopy visibility, a movie of the inside of the blood vessel from
a camera viewpoint was produced using EnSight v.10.2.3 (Computational Engineering
International Inc., Apex, NC, USA). During the movie’s production, the opaque volume
due to the blood inside the blood vessel needed to be visualized. Then, the volume fraction
of dextran (Vf ) was used to define whether the volume was transparent or not. The Vf is
the ratio of the volume of dextran to the total volume of the blood and dextran. The reason
for choosing Vf as a parameter to define the opaque volume is that there is a relationship
between the transparent mixture of the blood and dextran. The Vf was calculated by using
Equation (1).

V f =
Vdextran
Vtotal

× 100 (1)

where Vdextran and Vtotal represent the volume of the dextran and the total volume of the
blood and dextran in one part, respectively. In this study, it was provisionally defined that
the mixture of blood and dextran was transparent when Vf was more than 80%, referring
to the optical density of fully oxygenated whole blood as a function of the hematocrit value
in previous research [26].
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From the movie of the inside of the blood vessel from the camera viewpoint, the visible
area of the vessel wall for the camera within the camera view field (CVAvisible) and the total
area of the vessel wall within the camera view field (CVAtotal) could be calculated. When
the function f(t) of the CVAvisible percentage with respect to the CVAtotal was defined as
VAR at a certain time t, VAR could be expressed as shown in Equation (2).

VAR =
CVAvisible
CVAtotal

× 100 (2)

Additionally, the area ratio of the VAR (ARVAR) was defined to quantitatively evaluate
the VAR. The ARVAR was the normalized integral of VAR during one cycle. The integral of
100% VAR during one cycle was defined as Atotal as expressed in Equation (3); ARVAR was
calculated by using Equation (4).

Atotal = CVAtotal ×
∫

one cycle
Δt (3)

ARVAR =

∫
one cycle VAR Δt

Atotal
× 100 (4)

3. Results

Figure 5 shows the Vf distribution, streamline, and normalized yz and zx velocity
vector of the yz and zx cross-section plane at 0.100 s after starting to flush when the
endoscope position was at the center, top, or bottom in the catheter. Figure 6 displays the
Vf distribution, streamline, and normalized yz and zx velocity vector of the yz and zx
cross-section plane at 0.100 s after flushing when the endoscope position was at the center
or side in the catheter, and the injection waveform was stepped. Figure 7 shows the camera
view field of each flushing condition at 0.100 s after starting to flush. The deep-red, light-
blue, and green parts represent the invisible volume due to low Vf (<80%), the guidewire,
and the blood-vessel wall, respectively. Figures 8 and 9 indicate the VAR of each flushing
condition as a function of time and ARVAR calculated from Figure 7, respectively.

 
Figure 5. Vf distribution, streamline, and normalized yz velocity vector of yz cross-section plane
at 0.100 s after starting to flush (x is the center of the blood vessel). Each row represents each
flushing condition.
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Figure 6. Vf distribution, streamline, and normalized yz velocity vector of zx cross-section at 0.100 s
after starting to flush (y is the center of the blood vessel).

 

Figure 7. Camera view field of each flushing condition at 0.100 s after starting to flush. Each row
represents each flushing condition. Deep red: the invisible volume due to low Vf (<80%). Light-blue:
the guidewire. Green: the blood-vessel wall.

Figure 8. VAR evolution as a function of the injection waveform, the endoscope position, and the
catheter angle.

10



J. Funct. Biomater. 2022, 13, 69

Figure 9. ARVARs for all the flushing conditions.

3.1. Effect of Injection Waveform

As shown in Figure 5a,b, the dextran flowed straight and to the blood vessel’s top and
bottom regions evenly. When the waveform was stepped, a dextran flow volume fraction
at more than 80% covered the space between the camera and walls. Moreover, the flow
reached the blood vessel’s top and bottom walls rather than a constant waveform. As
shown in Figure 7a,b, the camera could capture a larger area of the blood-vessel wall when
the waveform was stepped rather than constant. As can be observed in Figures 8a and 9,
the VAR for the stepped waveform was larger than that for the constant, and the ARVAR for
the stepped waveform was also 8.5 times as high as that for the constant waveform.

3.2. Effect of Endoscope Position

From Figure 5c,d and Figure 6, it can be observed that the dextran flow went straight
and in the direction in which the endoscope was contacting the inner wall of the catheter
and reached the blood-vessel wall. These phenomena can be observed in Figure 7c–e. The
camera could capture the wall in the direction in which the endoscope was contacting the
catheter’s inner wall. Figure 8 shows that the VAR of the bottom (0◦) model was larger than
the VARs for the other positions, including the position of the center model. In Figure 9, the
ARVAR of the bottom (0◦) model was larger than the ARVARs for the top, side, and center
and around 1.9 times as high as that for the center.

3.3. Effect of Catheter Angle

As shown in Figure 5e–g, the dextran flow went straight and to the bottom region of
the blood vessel. From Figure 7b,f–h, it can be observed that the camera could capture a
larger area of the blood-vessel wall when the catheter angle was larger. In Figure 8c, it can
be observed that the VAR of the bottom (3◦) model was the largest and remained higher
throughout the period of injection. From Figure 9, it can be observed that the ARVARs of the
bottom (1◦) and bottom (2◦) models were higher than the ARVAR of the bottom (0◦) model,
but there was almost no difference in the ARVAR between the bottom (1◦) and bottom (2◦)
models. Additionally, the ARVAR of the bottom (3◦) model was the largest and around
1.5 times as high as that of the bottom (0◦) model.

4. Discussion

Angioscopy is frequently used to observe the blood-vessel wall, and the conditions
under which angioscopy is performed affects the success of operations. The flow of dextran
depends on various flushing conditions, and the effects of each condition on the visibility
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are unclear. This study found out a way to realize clearer angioscopy under different
values for the parameters of the injection waveform, endoscope position, and catheter
angle, using CFD.

4.1. The Effect of Injection

Regarding the effect of the injection waveform, stepped injection can increase the
visibility by 8.5 times compared to that realized with constant injection. This shows that
increasing the volumetric ratio of dextran to blood increases the visibility. Additionally,
this finding shows that the injection method during the operation can be improved while
keeping the total volume of dextran the same.

4.2. The Effect of Angioscopy Shape on Visibility Improvement

The angle of the catheter and the position of the endoscope were analyzed to improve
the angioscopy visibility. The effects of these geometry conditions are not even, and the
position of the endoscope had a greater effect (1.9 times) than the catheter angle (1.5 times).

Overall, a three-degree angle for the catheter with stepped flow may improve the
angioscopy visibility by 25 times compared with a zero-degree angle with constant in-
jection. The combination of good flushing conditions will considerably improve the
angioscopy visibility.

4.3. The Effects of the Parameters in Clinical Situations

The angle and position of the catheter depend on the position of the disease or the
geometry of the artery in a given clinical situation. Adjusting the blood flow rate or
dextran flow rate may offer potential for improving the Vf ; however, the clinical situations
frequently require the blood flow rate to be maintained. Thus, adjusting the injection
waveform or injection timing can be tried as a method for improving the visibility.

4.4. Evaluation Indices

Here, we show the VAR and ARVAR for angioscopy visibility. The VAR represents
the visibility at a given moment, and the ARVAR represents the total visibility over the
period of injection. The VAR may be used for evaluating the visibility if a medical doctor
needs to objectively evaluate a lesion. The ARVAR may be used for visibility evaluation if a
medical doctor wants to visualize the whole region. This study proposes these quantitative
evaluation indices as novel parameters for the assessment of angioscopic operations. These
evaluation indices provide useful data that may be used to help clinicians in improving
the efficacy of angioscopic procedures and to optimize device design through comparisons
between models with different camera shapes, while their further application in clinical
procedures needs to be investigated in more comprehensive studies.

4.5. Limitation

The k-ε model was selected to model the turbulent flow based on the preliminary
experiment results and the previous studies. In the initial experiment, the flow during
angioscopy was visualized using particle image velocimetry, and turbulent flow was
observed around the endoscope despite the low Reynolds number. This turbulent flow
is considered to have been caused by the complicated geometry of the camera. The k-ε
model has been widely used to simulate turbulent blood flow [27–29]. The blood and
dextran flows were assumed to represent those of an incompressible Newtonian fluid,
which was an ideal condition. In addition, the blood vessel was assumed to be stationary
in this study but possesses elasticity in a living body [30]. Therefore, comparison with
experimental results will increase the practical relevance of this study; however, due to
the complexity of the experimental study, we first performed this simulation to obtain
preliminary results. In vitro experiments will be considered as further work on this topic. In
clinical cases, some flushing conditions may not be used because of the patient’s geometrical
condition. In this case, medical doctors may need to choose the best combination from
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these flushing conditions. For determining the ideal combination, an optimization method
can be useful [31,32].

Additionally, idealized catheter and guidewire conditions were used in this study. The
shapes of the catheter and guidewire have curves that may affect the visibility. Takashima
et al. developed a simulator for the motion of a catheter and guidewire inside a blood
vessel [33–36]. Simulating the flow under conditions reproducing the shape and motion
of the catheter and guidewire in the blood vessels at a clinical site, with reference to those
studies, will be considered for future work.

Additionally, the previous paper states that inducing too much pressure inside the
coronary artery by flushing is unsafe for a patient [22]. The increase in pressure inside the
coronary artery induced by dextran injection needs to be considered in the future.

This study concludes that the visibility depends on the temporal flush volume displac-
ing the blood volume. However, in current clinical situations, several factors such as the
blood volume and catheter position are not known before treatment. Experimental trials
using an endoscope are necessary to confirm the mechanism of the effect on visibility.

To translate this simulation study to patient care, there is a need for preclinical (3D
models) as well as clinical testing. Moreover, diseased walls of vessels are fragile. Therefore,
a study considering different vessel thicknesses and fragility needs to be conducted before
proceeding to real-life applications. Injecting dextran at a high flow rate could potentially
rupture fragile vessels.

5. Conclusions

The purpose of this study was to investigate the effect of the injection waveform,
endoscope position, and catheter angle on the angioscopy visibility by CFD analysis.

Regarding the injection waveform, it was found that the ARVAR for a stepped wave-
form was 8.5 times as high as that for a constant waveform. Regarding the endoscope
position, the ARVAR of the bottom (0◦) model was higher than the ARVARs of the top, side,
and center models and around 1.9 times as high as that of the center model. Regarding the
catheter angle, it turned out that the ARVARs of the bottom (1◦) and bottom (2◦) models
were higher than the ARVAR of the bottom (0◦) model, but there was almost no ARVAR
difference between the bottom (1◦) and bottom (2◦) models. The ARVAR of the bottom (3◦)
model was the largest and around 1.5 times as high as that of the bottom (0◦) model.

Therefore, it was found that the condition of the bottom (3◦) model with a stepped
waveform was the best for a higher ARVAR. Additionally, the ARVAR of the bottom (3◦)
model with a stepped waveform was around 25 times as large as that of the bottom (0◦)
model with a constant waveform.
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Abstract: Background: A balloon dilatation catheter is a vital tool in percutaneous transluminal
angioplasty. Various factors, including the material used, influence the ability of different types of
balloons to navigate through lesions during delivery. Objective: Thus far, numerical simulation
studies comparing the impacts of different materials on the trackability of balloon catheters has
been limited. This project seeks to unveil the underlying patterns more effectively by utilizing a
highly realistic balloon-folding simulation method to compare the trackability of balloons made
from different materials. Methods: Two materials, nylon-12 and Pebax, were examined for their
insertion forces via a bench test and a numerical simulation. The simulation built a model identical
to the bench test’s groove and simulated the balloon’s folding process prior to insertion to better
replicate the experimental conditions. Results: In the bench test, nylon-12 demonstrated the highest
insertion force, peaking at 0.866 N, significantly outstripping the 0.156 N force exhibited by the Pebax
balloon. In the simulation, nylon-12 experienced a higher level of stress after folding, while Pebax
had demonstrated a higher effective strain and surface energy density. In terms of insertion force,
nylon-12 was higher than Pebax in specific areas. Conclusion: nylon-12 exerts greater pressure on the
vessel wall in curved pathways when compared to Pebax. The simulated insertion forces of nylon-12
align with the experimental results. However, when using the same friction coefficient, the difference
in insertion forces between the two materials is minimal. The numerical simulation method used
in this study can be used for relevant research. This method can assess the performance of balloons
made from diverse materials navigating curved paths and can yield more precise and detailed data
feedback compared to benchtop experiments.

Keywords: angioplasty; balloon dilatation catheter; finite element analysis; bench test; insertion force;
balloon pleating simulation

1. Introduction

Peripheral artery disease (PAD) is a long-term arterial disease caused by atherosclerosis
in the peripheral vessels, leading to complications in limbs such as pain, ulcers, gangrene,
and reduced function [1]. Percutaneous transluminal coronary angioplasty (PTCA) is an
effective approach for treating symptomatic atherosclerotic peripheral artery disease [2].
This disease affects a wide patient population worldwide, with more than 200 million
individuals afflicted [3]. The balloon-tipped catheter is a device delivered to the site of a
lesion, and it functions to increase the lumen’s diameter [4]. The roles played by different
types of balloons in treatment vary greatly [5–7]. For instance, drug-coated balloons can
directly deliver antiproliferative drugs to the local lesion in the blood vessel without the
need for implanting a stent, while cutting balloons have metal blades attached to their
surface that can cut through plaque during expansion. Additionally, different balloon
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structures, such as dual-wire and scoring balloons, cater to specific functional requirements.
In terms of compliance, balloons can be categorized into compliant, semi-compliant, and
non-compliant balloons. Compliant balloons adapt better to the morphology of the blood
vessels, whereas non-compliant balloons have a superior ability to compress hard lesions.
PTCA balloons are primarily composed of thermoplastic polymers, including polyethylene
terephthalate (PET), nylon, polyethylene with additives, polyvinyl chloride (PVC), and
polyurethane used along with nylon [8]. The materials used for PTCA balloons significantly
affect their characteristics [9]. Currently, Polyamide 12 and Pebax are widely used in the
market to manufacture PTCA balloons [10]. Trackability, which refers to the force needed
to navigate a balloon catheter through a tortuous path to the target lesion [11], is a crucial
indicator for evaluating the performance of PTCA balloons [12,13]. A lower value is
preferred [14]. The trackability of a real balloon is tested in the folded state, and good
folding properties, which determine the ease of folding and unfolding, also play a crucial
role in maintaining the performance of the balloon after repeated inflations [12]. Therefore,
the quality of the folded state directly affects the trackability of the balloon.

Finite element analysis (FEA) has become a powerful tool for the optimization process
of coronary stents and balloon catheters. There have been many studies that have con-
ducted experiments and simulations on balloons from various perspectives. Geith et al. [15]
proposed a simple, microstructurally motivated constitutive model aimed at mimicking
the pronounced anisotropic material response observed in the performed experiments.
Helou et al. [16] presented a modeling method for simulating percutaneous transluminal
angioplasty (PTA) endovascular treatment and evaluated the effects of balloon design,
plaque composition, and balloon sizing on acute post-procedural outcomes after PTA.
Dong et al. [17] investigated the efficacy of post-dilation balloon diameter and inflation
pressure in improving the stent expansion in a calcified lesion. Rahinj et al. [18] analyzed
a non-uniform balloon stent expansion pattern comprised of variations in the stent axial
position on the balloon, balloon length, balloon folding pattern, and balloon wall thick-
ness. De Beule et al. [19] proposed a trifolded balloon methodology, which was confirmed
through experiments and agreed with manufacturers’ data. Wiesent et al. [20] performed a
stent life-cycle simulation including balloon folding, stent crimping, and the free expansion
of the balloon–stent system. Bukala et al. [21] deployed the “kissing balloon” stenting
technique applied to patients with bifurcation stenosis. Hamed et al. [22] verified through
experiments that the cross-sectional scanning morphology of a balloon under different
pressures and the diameter curve under applied pressure can be consistent with a 2D
simulation, demonstrating the consistency between simulation and experimental results.
Gajewski et al. [23] demonstrated that material stiffness has a significant impact on the
degree of occlusion of the balloon in the artery. The clear advantage of a contrasting
engineering simulation is that it provides a comprehension evaluation of a design, of-
fering insightful feedback and thereby minimizing the need for complex and expensive
experiments, which are often difficult to carry out.

However, to our knowledge, there have been no studies comparing simulated folding
and tracking performances between two different materials. Although Sirivella et al. [11]
successfully simulated the pushability and trackability of polyamide PTCA balloons in the
folded state using finite element analysis and compared the results with experiments, they
did not consider the pre-stress of the folded balloon. Instead, they directly established the
initial model of the balloon in the folded configuration, which compromises some realism.
On the other hand, Geith et al. [24] simulated a complete process of balloon folding and
pleating which closely resembled the real scenario. Nonetheless, their study focused on
stent expansion and did not investigate the trackability of the balloons.

In this article, we performed a simulation study using the FEA method to investigate
the folding of nylon and Pebax material balloons, as well as the trackability of balloon
catheters passing through a 90-degree ideal blood vessel under identical conditions. In
addition, a benchtop experiment was conducted to further validate the simulation results.
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2. Materials and Methods

2.1. Bench Tests

The bench test offered clear insights into the performance of the balloon dilatation
catheter within tortuous anatomical structures. The test evaluated the insertion forces of
folded balloon catheters made of different materials as they navigated grooves—a simula-
tion of the transport conditions within actual curved vessels. The quality of trackability can
be evaluated based on the measured insertion force. Therefore, bench tests can provide a
reference for balloon design and clinical selection [13].

The tests were conducted using a test tracking fixture (Figure 1), as specified in ASTM
F2394-07 [13]. It simulated the bending shapes of coronary arteries on a two-dimensional
plane without considering the shapes of lesions. It was composed of two plates, one above
and one below, with grooves representing the curved vessels. The grooves featured varying
degrees of curvature at different positions. The folded balloon was pushed into the groove
through the entrance. A multi-segment displacement load was applied to the balloon: the
total push distance was set at 40 mm, the individual push distance at 5 mm, and the push
speed was 2 mm/s. After each movement, the subsequent push was executed at regular
2.5 s intervals. A force-measuring device captured the push force exerted by the balloon as
it navigated the bend, as depicted in Figure 1.

Figure 1. Bench test tracking fixture.

2.2. Materials

Nylon-12 (polyamide) and Pebax are the two materials most commonly used in
balloons [15,25,26]. Two materials were used in this study: Grilamid L25 (nylon 12) from
EMS and Pebax® 7033 SA 01 MED resin (a thermoplastic elastomer from Arkema). They
are specially designed to meet the stringent requirements of medical applications such as
minimally invasive devices, and they both exhibit good biocompatibility [26]. The nylon
stress–strain curve was redrawn from a Grilamid L25 technical data sheet. The stress–strain
relationship of Pebax is shown in [26]. An elasto-plastic material with an arbitrary stress
as a function of strain curve and an arbitrary strain rate dependency can be defined using
MAT_89 in LS-DYNA [27]; the model was selected, and the stress–strain curve was input to
fit the material properties. The densities, moduli of elasticity, and Poisson’s ratios of nylon
and Pebax [15] are shown in Table 1. Clearly, nylon-12 is the stiffer of the two materials.
The shaft is composed of high-density polyethylene (HDPE), which was modeled as linear
elastic, as per Table 1 [28].

18



J. Funct. Biomater. 2023, 14, 312

Table 1. Material properties.

Material Density (g/cm3) Young’s Modulus (MPa) Poisson’s Ratio

Nylon 1.01 1100 0.4
Pebax 1.01 414 0.4
HDPE 0.953 1000 0.46

*MAT_89 used the Cowper–Symonds constitutive model [29]. The equation of this
model is:

σs = σ0

(
1 +
( .

ε

C

)1/p
)

(1)

Taking the logarithm of both sides of the equation and simplifying it, we obtain:

log10
.
ε = log10 C + P log10

(
σs

σ0
− 1
)

(2)

where σs is the yield stress of the material, σ0 is the quasistatic (0.001 s−1) yield stress of the
material,

.
ε is the strain rate of the material, and P and C are material constants determined

by test [30].

2.3. Geometric Models

During the process of manufacturing balloon catheters, cylindrical balloons are first
compressed into a folded shape using a balloon-folding machine. Then, they are encapsu-
lated into a smaller diameter using a balloon-crimping machine. Therefore, the balloons
are in a folded state before inflation. In order to make the simulation more realistic, the
crimping process, which involves the generation of pre-stress in the balloon, should be
taken into account.

The balloon model is derived from the Euphora balloon dilation catheter (Medtronic,
Minneapolis, MN, USA), featuring a principal diameter of 4 mm and a distal shaft diameter
of 0.91 mm. The balloon’s thickness is 0.02 mm [18] (Figure 2). The pleating tool, as shown
in Figure 3, has an inner diameter of 2 mm. This tool functions by initially compressing the
balloon into three wings and subsequently facilitating each wing’s rotation around the axis,
thereby inducing the regular folding of the balloon.

Figure 2. Balloon and shaft.
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Figure 3. Pleating tools.

In order to more accurately simulate the working process of a balloon-crimping
machine, the simplistic cylindrical model that was previously widely used was replaced
with a novel design composed of 8 plates combined in a specific formation. They formed
a chamber that could be enlarged or reduced (as shown in Figure 4). The three-winged
balloons were folded and compressed in this chamber, and the encapsulated balloons’ final
diameters were then determined.

Figure 4. Balloon-crimping simulation.

A geometry model, referred to as the “pipeline”, featuring a groove shape consistent
with the ASTM F2394-07 bench test fixture, was designed with a diameter of 1.5 mm [13]
(Figure 5). The model features a 90-degree angle between the inlet and outlet, replicating
the grooves traversed by the balloon during the force-monitoring phase of the bench test
(Figure 1). To prevent mesh distortion and convergence failure due to the pipeline’s edges
being cut by balloons, a transitional outward extension was created at the inlet (Figure 5).
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The outlet was bent 90 degrees relative to the inlet, spanning a total length of 50 mm. The
pipeline was modeled as a rigid body and fixed in space.

Figure 5. Pipeline. After folding, the balloon will be fed into the inlet.

2.4. Finit Element Modeling and Boundary Conditions

The pleating tool moved toward the axis by a distance of 2 mm, resulting in the
balloon being compressed into a three-fold configuration (three-wing configuration). Then,
it rotated along the axis, causing the three-fold to rotate counterclockwise by 120 degrees.
Given that both ends of the balloon were secured to the shaft and a specific negative
pressure was exerted on the balloon’s inner surface at that moment, the balloon tightly
adhered to and was fixed onto the shaft, while the three outward folds rotated with the
pleating tool and attached to the shaft.

At the initial moment, both ends of the balloon were fixed to the shaft. After the
pleating tool compressed the balloon, a negative pressure of 6.5 atm was applied to the
inner surface of the balloon [23], causing it to contract. The degrees of freedom of the shaft in
the x and y directions were fixed, and a continuous displacement load of 20 mm was applied
to one end of the shaft. The reason for not employing multi-segment displacement is that
when replicating the experimental conditions, the abrupt acceleration and deceleration of
the shaft can lead to a significant dynamic effect [31], leading to a loss of the realism of the
balloon’s shape.

The contact between the balloon and the pipeline was set to have an ideal friction
coefficient of 0.02 [32], while the shaft and the pipeline were set to have no friction. To make
the balloon adhere more closely to the shaft, the friction coefficient between the balloon
and the shaft was set to 0.2 so that a certain amount of friction force would be generated
between them after the negative pressure was applied, preventing excessive distortion of
the balloon at both ends during rotation and folding.

A mesh convergence study was conducted to ensure that the calculation results
were not significantly affected by variations in the number of mesh elements [33]. In
this study, a mesh convergence study was performed for the balloon. Four models with
different mesh sizes were created with 54,177, 150,156, 213,539, and 336,542 elements,
corresponding to mesh sizes of 0.1 mm, 0.06 mm, 0.05 mm, and 0.04 mm, respectively
(Table 2). The models were assigned the material properties of Pebax and subjected to
the same simulations of folding, crimping, and insertion into the pipeline. The maximum
stress on the balloon surface at the minimum crimped diameter was recorded for each
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model (Figure 6). The results show that the maximum stress difference between the third
and fourth models is less than 5%, indicating convergence and satisfying the criteria for
mesh convergence. Therefore, the mesh size of the third model was chosen for subsequent
simulations, ensuring computational accuracy without excessive computational time due
to redundant mesh elements.

Table 2. Mesh convergence study.

Model 1 2 3 4

Mesh size (mm) 0.1 0.06 0.05 0.04
Number of elements 54,177 150,156 213,539 336,542

Maximum stress (MPa) 42.0 49.5 55.0 56.6

Figure 6. The variation in maximum stress with respect to the number of elements in the mesh
convergence study.

Based on the mesh convergence study, the balloon model was discretized into four-
node, fully integrated shell elements with five through-shell thickness integration points. It
was discretized using 213,539 mixed shell elements with a thickness of 0.02 mm, and the
shaft was discretized using 34,438 mixed solid elements. All other components were set as
rigid bodies, and their mesh densities had little effect on the simulation results.

The model discretization was performed using ANSA v21.0 (BETA CAE Systems,
Switzerland), and the simulations were performed on 16 CPUs of an AMD EPYC 7532 (GHz)
workstation using LS-DYNA Release 13 (LSTC, Livermore, CA, USA).

3. Results

3.1. Bench Tests

Figure 7 presents the results of the insertion force tests for the nylon and Pebax bal-
loons. The force–displacement curves, characterized by several peaks due to discontinuous
loading, demonstrate that the insertion forces of both balloons initially increase and then
decrease with greater displacement. The maximum insertion force for nylon is 0.866 N,
substantially greater than that of Pebax, which is only 0.156 N.
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Figure 7. Test results of insertion forces for two types of balloon materials: Grilamid L25 (nylon 12)
and Pebax® 7033 SA 01 MED.

3.2. Numerical Results
3.2.1. Dynamic Folding and Delivery Process of the Balloon

The pleating tool compressed the balloon from its initial form (Figure 8a) into a tri-wing
shape (Figure 8c), with the three wings remaining in an inflated state. Upon the application
of negative pressure to the balloon’s inner surface, the three wings tightly adhered to each
other (Figure 8d). As the pleating tool rotated counterclockwise, it dove the three wings
(Figure 8e), which then sequentially attached to the shaft (Figure 8f). Subsequently, the
simulated balloon-crimping machine continuously constricted the chamber, yielding a
fixed balloon diameter of 1.5 mm. Following this, the balloon was axially inserted into
the pipeline to test the insertion force (Figure 9). The balloon’s shape within the pipeline
demonstrated that the bent balloon exhibited evenly spaced wrinkles on the concave side
Figure 10), causing the adjacent area to bulge beyond the original diameter.

Figure 8. Pleating process. (a–c): Compression of the balloon by the pleating tool. (d–f): The three
wings are folded onto the balloon.
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Figure 9. The process of inserting the folded balloon into the pipeline.

Figure 10. Equally spaced wrinkles in the concave side.

3.2.2. Balloon Stress–Strain Analysis

The stress distribution and effective plastic strain information can help us understand
how the balloon behaves under different loading conditions, such as a folding state or
bending state. This allows for an evaluation of the balloon’s mechanical integrity and the
identification of any areas prone to excessive stress or deformation. After radially crimping
the balloons to achieve the same diameters, the stress levels of the nylon balloon were
found to be higher than those of the Pebax balloon. The maximum stress was located at the
proximal end, with 61.9 MPa for the nylon balloon and 55 MPa for the Pebax balloon, which
is consistent with the results of previous studies [24]. The post-folding stress distribution
in both balloons was more concentrated at the edges of the three folds and at the balloon
ends (Figure 11), where the deformation exceeded that of the remaining areas. Figure 12
more clearly illustrates that higher effective plastic strains consistently manifested at the
folds. Within the same fringe range, the Pebax balloon’s middle showed a greater effective
plastic strain than the nylon balloon, with the Pebax balloon reaching a maximum effective
plastic strain of 0.948, which is higher than the nylon balloon’s 0.879.

3.2.3. Trackability

The insertion force between the balloon and the pipeline was monitored during the
process of pushing the balloon into the pipeline (Figure 13). The balloons of both materials
showed a gradual increase in insertion force with the increase in pushing distance, and the
insertion force reached its maximum value after the balloon was pushed into the pipeline
completely at 2.16 ms. Nylon had a maximum insertion force of 1.016 N, while Pebax had a
maximum insertion force of 1.021 N.
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Figure 11. Stress distribution and location of elements with maximum stress after folding for the two
types of balloon materials, nylon (left) and Pebax (right).

Figure 12. The effective plastic strain fields of the two types of balloon materials: Nylon (left) and
Pebax (right).

Figure 13. Temporal variation in contact force for two types of balloons.
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Similar to the experimental results, the simulation results also exhibited a gradual
increase in the force value for the initial 20 mm of the inserting displacement. In this
study, the simulation was conducted specifically for the process of the balloon being
inserted into the pipeline rather than the process of the balloon being pushed out of the
pipeline. Therefore, unlike in the experiment, the contact force did not decrease after
reaching its maximum value. In the experiment, the insertion force of the Pebax balloon
was significantly lower than that of nylon. However, in the simulation, the insertion force
of nylon was only slightly different and higher than Pebax’s at certain moments. The
maximum insertion force of the nylon balloon in the simulation was slightly larger than
the experimental value of 0.866 N.

3.2.4. Surface Energy Density

The surface energy density provides valuable information about the interaction be-
tween the balloon material and the surrounding environment. It can affect the balloon’s
ability to navigate through blood vessels, interact with the vessel wall, and perform its
intended functions effectively. The surface energy density of the pipeline with balloons
fully inserted is shown in Figure 14. Throughout the insertion process, the surface energy
density continued to increase and was primarily distributed on the convex surface of the
pipeline and the folds of the balloon. The balloon’s surface energy density is significantly
higher than that of the pipeline. The Pebax-balloon-loaded pipeline had higher surface
energy density than the nylon-balloon-loaded pipeline.

Figure 14. Surface energy densities of two balloons: (a) the pipeline loaded with a nylon balloon;
(b) Nylon balloon. (c) The pipeline loaded with a Pebax balloon; (d) Pebax balloon.

4. Discussion

With the same shaft, the nylon balloon exhibited a greater insertion force than the
Pebax balloon in the experiments. In the simulations, the coefficient of friction between
the balloon and the pipeline was set to the same value for both cases for better variable
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control [32]. The simplification of the friction coefficient only affects the numerical values
of the insertion force, while the comparison of stress and strain remains unaffected by
it. The frictional force originated from both the balloon’s tendency to expand outward in
its folded state, exerting pressure on the pipeline wall, and from the pressure exerted on
the wall as the balloon bent along the pipeline. Although the friction force is also related
to velocity [34], the same boundary conditions are imposed on both so that the effect of
velocity can also be neglected. The use of the same friction coefficient also results in a less
significant difference in the insertion force between the two materials in the simulation
compared to the experiment [35]. The difference between the experimental result of 0.866 N
for the nylon balloon and the simulated result of 1.016 N can be attributed to the given
friction coefficient. The friction coefficient used in the simulation was obtained from
previous studies [32] and may not perfectly match the friction coefficient in our actual
experimental environment. However, using the same friction coefficient, controlled for the
variables, allows for a better assessment of the impact of material stiffness on the insertion
force without the need to consider variations in surface characteristics such as roughness.

The experimental results seem to indicate that the stiffer balloon material has more
friction during insertion and requires more insertion and retraction forces because it exerts
more pressure on the wall than the softer material. However, numerical simulations
revealed a negligible difference in the insertion forces between the two materials, contrary
to the experimental results. This suggests that the influence of material stiffness on the
balloon insertion force is minimal when surface characteristics are disregarded. Therefore,
the significant disparity in the insertion force test results between the nylon and Pebax
balloons in the experiment is attributed to the differences in their surface characteristics
rather than nylon being harder and thus requiring greater force and Pebax being softer and
thus requiring less force. This finding is counterintuitive.

Both experiments and simulations demonstrated that as the balloon progresses deeper
into the pipeline and subsequently retreats, the frictional force initially increases and then
decreases. This suggests that the friction force during the insertion and retraction processes
correlates with the length of the balloon within the pipeline. Thus, selecting balloons of dif-
ferent lengths may be necessary to ensure that the friction force during insertion/retraction
is not too high for different patients [36,37]. Our future research will explore the use of
balloon models of the same material but different lengths to simulate the friction force
through grooves, which can provide a reference for appropriate balloon selection.

After balloon folding, the deformation near the connection with the shaft is substantial.
The element with the highest stress also occurs in this area, suggesting that this region
dictates the overall balloon’s stress concentration level [24]. This implies that a more
thoughtful optimization of this area’s structure could potentially reduce the maximum
stress experienced after balloon folding. In this study, the proximal and distal folds exhibit
slight differences. It is well documented that the elements with the maximum stress are at
the distal end of both balloons. This is because the distal diameter of 0.91 mm is larger than
the proximal diameter of 0.6 mm, and the transition from the balloon to the connection is
steeper at the distal end, leading to the formation of deeper folds (Figure 15). Therefore,
a smoother transition at the connections between balloons and shafts, particularly at the
neck, could reduce the maximum stress of the balloons after folding.

Wrinkling arises when the balloon undergoes compression on its concave side while
passing through the pipeline instead of stretching on the convex side. If the bend only
stretches the balloon on the convex side, it only changes the length of the balloon along the
axial direction without negatively affecting the balloon’s deliverability. However, squeezing
the balloon on the concave side will cause some folds to exceed the original diameter, re-
sulting in an increased cross-sectional profile of the balloon during bending. This condition
is unfavorable for navigating through tortuous anatomy [38] and can negatively impact
the balloon insertion force, deliverability, and flexibility. To improve balloon delivery,
the folded balloon should stretch on the convex side rather than being squeezed on the
concave side when bending along the axial direction. This can be achieved by designing a
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fold structure to be less prone to wrinkling or by fabricating the balloon from a material
characterized by superior compression resistance and ease of stretching.

Figure 15. Comparison of balloon folds.

In this study, the assumption of using the same friction coefficient for both materials
in contact with the pipeline is a simplified model. In reality, the contact properties between
different materials may differ, which is a limitation of this study. In addition, fluid–structure
interactions were neglected, as in previous studies [39–41] that simulated stent implantation
in blood vessels with inflated balloons. These factors need to be considered in future work.

5. Conclusions

This study simulated the folding process of two distinct balloon materials and inserted
the folded balloons into a simulated pipeline to monitor the insertion forces. Experimental
tests were conducted on both types of balloons to measure the actual insertion forces.
Through comparing the experimental data and numerical simulation results, it was found
that under the assumption of the same friction coefficient in the numerical simulation, the
difference in insertion force between the two materials was insignificant. This contrasted
with the experimental results in which the harder nylon balloon demonstrated a signifi-
cantly higher insertion force in comparison to the Pebax balloon. This indicates that the
impact of material stiffness on the balloon insertion force is minimal when the surface
characteristics of the materials are not considered. Therefore, in practical production and
application, for balloons with poor trackability, emphasis should be placed on improving
surface smoothness, such as by adding lubricious coatings. Additionally, the stress and
effective plastic strain results after folding showed that the harder nylon balloon expe-
rienced greater stress after folding, while the softer Pebax balloon experienced a higher
level of effective plastic strain. This suggests that nylon balloons are likely to exert greater
pressure on the curved vessel wall. This simulation of balloon folding and insertion forces
offers a generalized methodology for simulating the trackability of balloons made from
different materials. This would be advantageous for selecting suitable balloon materials for
various scenarios and may provide valuable insights for the design of balloon structures
and folding methods.
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Abstract: This study reports new phenomena of the interstitial fluid (ISF) microflow along perivas-
cular and adventitial clearances (PAC) around neurovascular bundles. The fluorescent tracing was
used to observe the ISF flow along the PAC of neurovascular bundles in 8–10 week old BALB/c mice.
The new results include: (1) the topologic structure of the PAC around the neurovascular bundles is
revealed; (2) the heart-orientated ISF flow along the PAC is observed; (3) the double-belt ISF flow
along the venous adventitial clearance of the PAC is recorded; (4) the waterfall-like ISF flow induced
by the small branching vessel or torn fascia along the PAC is discovered. Based on the above new
phenomena, this paper approached the following objectives: (1) the kinematic laws of the ISF flow
along the PAC around neurovascular bundles are set up; (2) the applicability of the hypothesis on the
PAC and its subspaces by numerical simulations are examined. The findings of this paper not only
enriched the image of the ISF flow through the body but also explained the kernel structure of the ISF
flow (i.e., the PAC). It helps to lay the foundation for the kinematics and dynamics of the ISF flow
along the PAC around neurovascular bundles.

Keywords: interstitial fluid (ISF); microflow; perivascular and adventitial clearance; neurovascular
bundles; accompanying vein; accompanying artery; kinematic law

1. Introduction

The interstitial fluid (ISF) is a vital body fluid thatconnects with the blood, lymphatic
fluid, and intracellular fluid. In the traditional physiological view, the majority of ISF is
bound within the hydrogel-like extracellular matrix that cannot flow freely [1]. This study
reports new phenomena of the interstitial fluid (ISF) microflow along perivascular and
adventitial clearances (PAC) around neurovascular bundles.

Recently, the dynamic flow of the ISF along the perivascular space (PVS) has caused
ongingconcern. The PVS, also known as the “Virchow-Robin space”, is the space that
surrounds the parenchymal vessels, with the glial membrane as the outer boundary and
the vascular wall as the inner boundary. The PVS, together with the entry of penetrating
arteries and the exit of draining veins from the cerebral cortex, is an ISF or cerebrospinal
fluid (CSF)-filled, pial-lined structure [2,3]. Iliff et al. named the efficient convective
exchange clearance system of CSF and ISF along the PVS as the “glymphatic system”,
which relies on astrocytes via aquaporin-4 in the central nervous system [4,5]. Its function
has been demonstrated successively in human and animal models in association with
various neurological disorders [6,7]. The diameter of cerebral PVS in mice was measured to
be approximately 40 μm, and its integrated cross-section area was approximately 1.4 times
that of the adjacent vessels found by two-photon microscopy [8,9]. The force to drive the
cerebral ISF flow in the glymphatic system is considered to be significantly correlated with
arterial pulsation but not with respiratory movement [4,10].
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Carare et al. regarded the basement membranes of cerebral capillaries and arteries as
the counterpart of cerebral lymphatic pathways. The drainage of the ISF occurs along the
intramural periarterial drainage (IPAD). However, no empirical evidence of tracers coming
into and out of the parenchyma was found on cortical veins [11–13]. The vasodilation
movements produced by contraction and diastole of cerebrovascular smooth muscle cells
are the main drivers of IPAD [14].

Until the recent studies of cerebral ISF flow, the available experimental evidence does
not provide an adequate description of how the venous walls and the surrounding space
drain the ISF, compared to the arteries. In any case, the functional role of venous drainage
of the ISF appears to be minor [15]. Apart from the brain, Li et al. demonstrated that
long-distance ISF flow exists in the arterial and venous adventitia and their surrounding
fibrous connective tissues throughout the whole body, and possibly also in the epineurium
and skin [16,17].

The aforementioned studies all focused on isolated blood vessels, which were not
able to explain the experimental phenomenon (i.e., the ISF flow within the perivascular)
in this study. Meanwhile, it should be emphasized that the majority of veins (excluding
special superficial venous) are accompanied by an artery and a nerve (or nerves) to form
neurovascular bundles [18]. The specificity and integrality of neurovascular bundles’
structure should be considered to provide a complete and less contradictory basis for ISF
flow dynamics. Consequently, accompanying neurovascular bundles are observed as a
holistic object in this study to locate the ISF flow space, and the frame with which the
diverse ISF flow patterns can be interpreted consistently.

The paper is organized as follows. Section 4 introduces our experimental materials
and methods. Section 2 shows the experimental results, including (a) the structure of the
PAC, (b) the diverse ISF microflow patterns inside the PAC, and (c) the novel phenomenon
of the waterfall-like ISF flow. Section 3 refined the kinematic laws of the ISF flow along the
PAC around neurovascular bundles, based on the three kinematic laws of ISF flow over
isolated arteries and veins [19].

These findings have not only enriched the image of the ISF flow through the body (ex-
cept in the brain), but have also explained the kernel structure of the ISF flow
(i.e., PAC). Only by clarifying the kernel structure of the ISF flow can we further study
the pathways and properties of the ISF flow and elucidate the kinematic mechanism. It
helps to develop the kinematics and dynamics of the ISF microflow along the PAC around
neurovascular bundles.

2. Results

2.1. Fluorescence-Stained and Histological Analysis of the PAC Structure around
Neurovascular Bundles

5.0 μL fluorescent tracer was supplied. The observed site is 1.5–2.0 cm away from
the supply point (Figure 1A). The flow pathways have been fluorescently stained along
the direction of the ISF flow. The ISF flows towards the heart in the same direction as
venous blood flow, and opposite to arterial blood flow (Figure 1B). The fluorescent-stained
neurovascular bundles were subjected to rapidly frozen sectioning and Verhoeff’s Van
Gieson (EVG) staining.

The observed ISF flows mainly occur in three areas, namely: the venous adventitia, the
arterial adventitia, and the connective tissue surrounding the accompanying artery and vein.
The entire flow space is termed perivascular and adventitial clearance (abbreviated as PAC).
Furthermore, the PAC can be more finely divided into three subspaces, namely arterial
adventitial clearance (PAC(a)), venous adventitial clearance (PAC(v)), and perivascular
connective tissue flow space (PAC(p)) (Figure 2).
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Figure 1. ISF flow along PAC around neurovascular bundles. (A) Brightfield observation before
fluorescing. (B) Brightfield observation with fluorescent lamp opening after fluorescing. The heart
direction is located left. Scale bar: 200 μm. (C,D) Frozen fluorescent sections and EVG staining show the
structure of PAC. Magnification 20×. The arrows indicate nerve, artery, vein, and PAC. Scale bar: 50 μm.

Figure 2. The observed space for ISF flow along PAC around neurovascular bundles. Perivascular
and adventitial clearance (PAC) can be divided into arterial adventitial clearance (PAC(a)), venous
adventitial clearance (PAC(v)) and perivascular connective tissue flow space (PAC(p)).

The histological results show that PAC(a), PAC(v), and PAC(p) were fluorescence-
stained (Figure 1C). It is worth noting that soluble fluorescent tracers can penetrate and
migrate into the medial and intima layers of the artery and vein. Therefore, the presence
of fluorescent signals in the media smooth muscle and the intimal layer does not mean
that they are all the natural flow pathways of the ISF. Corresponding to the EVG staining
(Figure 1D), there is abundant loose connective tissue around the artery, the vein, and the
nerve. The vascular adventitia itself is also loose connective tissue, with no clear boundary
between them and the surrounding loose connective tissue. The EVG results show that
the diameter of the PAC(a) is approximately 200 μm (n ≥ 5), PAC(v) is approximately
400 μm (n ≥ 5), the nerve is approximately 200 μm (n ≥ 5), and the PAC is approximately
600–750 μm (n ≥ 5).

The ISF flow pattern and the topological structure of the PAC shown in Figure 1 are
universalities. To properly depict the ISF flow phenomena along the PAC in the following
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experiments, a general diagram of the PAC is abstracted from Figure 1 and displayed in
Figure 2. The fluorescent spots in Figure 2 mark the ISF flow spaces. From Figure 2, we
can predict that once the relative positions between the outer connective tissue membrane
and adventitia change, both the ISF flow spaces and the flow patterns will change. This
prediction is confirmed in the following experiment.

2.2. Heart-Orientated ISF Flow along PAC(p)

1.0 μL fluorescent tracer was supplied. The femoral artery and vein observed are
1.5–2.0 cm away from the supply point (Figure 3A,B). The fluorescent ISF flows along the
connective tissue gap (i.e., PAC(p)) between the accompanying femoral artery and vein
after a few seconds (Figure 3C and Supplementary Materials Video S1). Meanwhile, there is
no fluorescent signal over PAC(a) or PAC(v) (Figure 3C). Then the fluorescent signal began
to appear on the vein (Figure 3D). At the same time, in the gap between the accompanying
artery and vein, the fluorescence is brighter, and the width of the fluorescence belt is
wider (Video S1). The direction of the ISF flow is right-to-left and pointed to the heart.
The flow direction towards the heart is always the same as the venous blood flow. In
short, the PAC(p) is one of the ISF’s directional flow channels. Because the ISF mainly
flows inside the PAC(p) or the gap between the accompanying vein and artery, we may
term the phenomenon “gap-flow”. The gap width is about 300 μm, so the gap-flow is a
continuous microflow.

Figure 3. ISF flow along PAC(p). (A) Brightfield observation before fluorescing. (B) Fluorescence
observation before fluorescing. (C,D) Fluorescence observation after fluorescing. The heart is located
left. The ISF flow is pointed to the heart. Scale bar: 200 μm.

2.3. Double-Belt ISF Flow along PAC(v) around Neurovascular Bundles

1.0 μL fluorescent tracer was supplied. The femoral artery and vein observed are
1.5–2.0 cm away from the supply point (Figure 4A,B). After a few seconds, two parallel
“fluorescence flow belts (FFB)” with equal width appeared simultaneously along the PAC(v)
(Figure 4C). Each FFB is approximately 1/3 of the venous diameter (Figure 4C). As time
went on, both FFBs widened, and the brightness increased. The two FFBs gradually fused
into a single one after about 1 minute (Figure 4D and Video S2). The direction of the ISF
flow is right-to-left, pointed to the heart.

The flow phenomenon in Figure 4 is termed “double-belt flow”. Aside from the equal-
width double-belt flows, unequal-width double-belt flows were also similarly observed.

Two parallel FFBs with unequal widths appear simultaneously along the PAC(v)
a few seconds after the fluorescent tracer was supplied (Figure 4F). The two FFBs are
approximately 1/4 and 1/2 width of the venous diameter, respectively. Both FFBs widen,
and their brightness increases with time. After 1 minute, the two FBs gradually fused into
one (Figure 4G and Video S3).
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Figure 4. Double-belt ISF flow along PAC(v). (A–D) Equal-width double-belt ISF flow;
(E–H) Unequal-width double-belt ISF flow. (A,E) Brightfield observation before fluorescing.
(B,F) Fluorescence observation before fluorescing. (C,D,G,H) Fluorescence observation after flu-
orescing. The heart is located left. The ISF flow is pointed to the heart. Scale bar: 200 μm.

Both the equal and unequal double-belt flows along the PAC(v) around neurovascular
bundles are rapid directional ISF flows.

How do we explain the double-belt ISF flow pattern? The relative locations of the
adventitia and the multi layers of perivascular connective tissue may provide the answers.
If the multi layers of connective tissue have adhered to the venue adventitia—such adhesion
always occurs in neurovascular bundles—then an adhesion belt (i.e., the black no-flow
belt) in Figure 4C may be formed. This adhesion belt will separate the flow space along
the venue adventitia into two parts, where the two streams of ISF (i.e., the white flow belt)
are observed.

2.4. Waterfall-like ISF Flow Induced by the Small Branching Vessel or Torn Fascia along PAC

The above experiments display the smooth ISF flows along the PAC. In our experi-
ments, we also captured the various unsmooth ISF flows along the PAC. Next, the unsmooth
flows caused by obstacles in the ISF flow pathway were reported.

1.0 μL fluorescent tracer was supplied. Using ophthalmic forceps, we gently tear the
fascia formed by connected tissue covering the outermost layer of the femoral vein. A
fascia layer is torn across the middle of the vein, 1.5–2.0 cm away from the supplying point
(Figure 5A). Although the outer membrane of the multi-layered fascia was torn, the left
layers can still ensure that the PAC structure is integral. When the fluorescent ISF flows,
a fissure fascia is observed across the middle of the vein, and a waterfall-like ISF flow is
induced along the PAC (Figure 5B and Video S4).

The same effect will also be created when a small nourishing vessel crosses over the
main vein (Figure 5C). The waterfall-like ISF flow along the PAC is induced by the small
branching vessel crossing the central part of the vein (Figure 5D). The ISF can be seen to
overturn the small branching vessel to create an angled waterfall-like flow across the main
vein (Video S5).
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Figure 5. The small branching vessel or torn fascia induced waterfall-like ISF flow along PAC.
(A,B) Torn fascia across the vein induced waterfall-like ISF flow. (C,D) The small vessel across the vein
induced a waterfall-like ISF flow. (A,C) Brightfield observation before fluorescing. (B,D) Fluorescence
observation after fluorescing. The heart is located in the left direction. The ISF flow is pointed to the
heart. Scale bar: 200 μm.

The Supplementary Video shows that the partial ISF is modulated by the small vessel
and flows along the branching. It can be deduced that the ISF flow is massive enough to
form a local waterfall-like flow by any obstructive barrier in the PAC.

3. Discussion

3.1. The PAC Is the Kernel Structure for ISF Flow

Unlike the classical intraluminal flow (e.g., blood, lymphatic fluid), which is well
known in traditional physiology, the ISF flow is a particular non-luminal flow. What is
the flow space of this kind of non-luminal fluid is an essential and complicated key issue
and the cornerstone of in-depth research. Only by clarifying the kernel structure of the ISF
flow can we further study the pathways and properties of the ISF flow and elucidate the
kinetic mechanism.

As a flow space for the ISF, the PAC in the body and the PVS in the brain are com-
parable. In the glymphatic system, the cerebral ISF flow space is believed to be the PVS.
However, there are still many controversies. Prior to in vivo two-photon imaging, the exis-
tence of the PVS was doubted. There are significant morphological differences in the PVS
when observed in vivo and dead states. The PVS may disappear due to dehydration, and
the tracer was deposited into the adjacent collagen fibers when the animal died or during
the tissue fixation process [9,20]. The research evidence on the drainage of the cerebral ISF
along the IPAD pathway was controversial: (1) The results of the tissue sections showed
that the tracer was deposited into the smooth muscle and basement membrane layers, but
whether the region of tracer deposition marked the real ISF flow was inexplicable [21].
(2) Whether the pressure within the IPAD was able to drive a steady flow, and if the water
resistance within the IPAD is so big that it can accommodate a large cerebral ISF, are all
unclear [22]. These controversies are sufficient to show that revealing the kernel structure
of the ISF flow is a very complex matter. However, it must be pointed out that when
comparing the PAC and PVS, there is a need to note that the ISF flow environment in the
lower limbs is quite different from that in the brain. For instance, (1) The brain has close
to 80% of high water content [23]. The brain’s extracellular fluids consist of ISF, blood
plasma, and cerebrospinal fluid (CSF). CSF is also involved in the glymphatic system.
(2) The blood–brain barrier (BBB) is a particular anatomic and physiologic barrier separat-
ing the circulating blood from the extracellular fluid in the central nervous system [24]. We
have tried to elucidate the kernel structure of the ISF flow in the lower limbs, which is the
most crucial purpose of this article. The cerebral ISF flow has its characteristics, but the
ISF flow also occurs in the whole body. We chose to focus on blood vessels in the lower
limbs because femoral arteries and veins are easily exposed, which facilitates real-time
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observation in vivo. (2) Unlike injection tracer into the cisterna magna, we could achieve
a relatively quantitative and direct supply of fluorescent tracer to trace pathways in the
lower limbs.

Our study revealed the new phenomena of ISF flow along vessel walls and in the
surrounding space. The vascular adventitia is mainly composed of loose connective tissue
containing extracellular matrix (ECM), fibroblasts and small perivascular nerves, in which
loosely arranged, spiral or longitudinally-distributed collagen, elastic and reticular fibers
form a stress-bearing viscoelastic skeletal structure filled with large amounts of amorphous
material (e.g., hyaluronic acid) [25]. The perivascular space of both arteries and veins
is also surrounded by abundant loose connective tissue. It is difficult to draw a clear
boundary between the adventitia of blood vessels and their surrounding connective tissue
(Figure 1D). The connective tissue becomes looser as it moves outwards, centered on
the blood vessels [26,27]. The abundant loose connective tissue along the vascular walls
provides a flowable space for a large amount of ISF flow within the PAC (Figure 2).

As mentioned above, the PAC includes three regions (i.e., PAC(a), PAC(v) and PAC(p),
see Figure 2). The three subspaces are not three mutually exclusive subsets but are intercon-
nected and complementary. Because of the diversity of biological structures and individual
differences, when one subspace in the PAC is looser than another, its flow resistance will
be smaller and the ISF will flow relatively faster. Therefore, when a very small amount
of fluorescent tracer is supplied, sometimes it seemed that only one of the subspaces was
observed to be brightened. However, the real flow should occur in all subspaces at the
same time. In addition, for no-blood-vessel-accompanying nerve bundles or only the artery
accompanying the vein, the three subspaces are not necessarily present simultaneously.
They are combined by a subset of them, so the flow space on an isolated artery (vein) can be
formed by the combination of PAC(a) or PAC(a) + PAC(p) (PAC (a ) or PAC(v) + PAC(p)).

Up until now, most flows have been observed along the PAC. There is no clear answer
as to whether there is an ISF flow along the neural epithelium. The reason might be that the
dynamic images of fluorescent ISF flowing along the neural epithelium in vivo were not
captured due to the limitation of the fluorescence stereo microscopes. However, the static
images given in the previous study by Li et al. showed that the neural epithelium was
fluorescently brightened in some situations. More experimental evidence is still required.
Whatever the case, it is certain that the accompanying nerve provides a partial boundary
for the ISF flow along the PAC. Therefore, we adopted a holistic perspective, using the
neurovascular bundles as the object of study. It is possible to clarify the basic structure of
the PAC to understand the diversity of the ISF flow patterns.

3.2. Spontaneous ISF Flow Instead of Pressure-Driven Flow or Tracer Diffusion

The shown ISF flow along the PAC is spontaneous. In other words, the ISF flow is
not driven by external pressure such as injection, and it is not diffusion. The reason is as
follows. In our all experiments, the fluorescent tracer was supplied with minimal amounts
(1.0–5.0 μL), slowly and with no pressure in vivo (Figure 6A). This approach differs from
pressure injection, which may cause the fluorescent tracer to flow simultaneously to the
heart and far from the heart (Figure 6C).

Moreover, in the dead state, supplying the fluorescent tracer may produce diffusion in
all directions (Figure 6B). Supplementary Experiment-1 was provided to repeat supplying in
the dead state. In Supplementary Experiment-1, the 0.5 μL fluorescent tracer was supplied
to the vascular adventitia in the middle of the exposed vessels in the dead state of mice,
and we found that the fluorescent ISF was diffused (Figure S1).
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Figure 6. Three different fluorescent tracer approaches. (A) Supplying fluorescent tracer in vivo.
(B) Supplying fluorescent tracers in the dead state. (C) Pressure injection in vivo.

3.3. The Diversity of ISF Flow Patterns within PAC

To investigate the effect of the geometry of the arteriovenous and their surrounding
fascia on the flow distribution, simplified models are considered. For example, the cross-
section shown in Figure 7, where the circle and the ellipse characterize the outer fascia and
the arteriovenous membranes, respectively. At the small Reynolds number, the viscous
laminar flow in the fully developed and eventually formed a constant flow. As this
study focuses on the flow space rather than the dynamic pattern, the model ignores the
changes in the longitudinal direction of the vessel due to pulsatile or systaltic motion.
The z-related terms in the nonlinear Navi-Stokes equations all degenerate to zero, and the
equations degenerate to a two-dimension Poisson’s equation. The flow velocity distribution
problem within the cross-section becomes a Poisson equation boundary value problem
under Dirichlet boundary conditions, with the governing equation given by

∂2uz

∂x2 +
∂2uz

∂y2 =
1
μ

dp
dz

. (1)

where: (x, y, z) represents the spatial position coordinate; uz is the velocity in the z-direction;
μ is the kinematic viscosity; dp

dz is the pressure gradient along the z-axis.
The arterial radius ra is selected as the characteristic length, with the characteristic

velocity denoted as ra
2

μ
dp
dz , then the following dimensionless parameters can be introduced

ξ =
x
ra

, η =
y
ra

, u = uz
μ

ra2
dz
dp

. (2)

The governing equation then becomes

∂2u
∂ξ2 +

∂2u
∂η2 = 1 (3)
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On the outer boundary, the transmembrane permeation rate ux and uy are small
compared with the longitudinal velocity. As a solid fibrous structure, the fascia could not
flow itself, so the boundary condition can be considered as a Dirichlet boundary, i.e., u = 0
on the boundary.

Figure 7. Simulated ISF flowing patterns. Three separated flowing spaces are PAC(a), PAC(v) and
PAC(p) respectively. (A–H) Flowing velocity distribution on different cross-section geometry. On the
boundaries, the velocity is zero without permeating. Flow velocity decreases from yellow to blue.

In realistic organisms, regular rounded fascia formed by loose connective tissues and
regular rounded outer membranes of arteries and veins are scarce. The simplification here
to a circular or elliptical shape is primarily because: (a) the effect of the relative relationship
between the arteriovenous rather than the specific geometry on the flow distribution was
discussed in a zero-order approximation sense; (b) the diverse flow patterns observed in the
experiment were reproduced as much as possible based on the relative positions by limited
shapes; (c) it avoided an introduction of subjective boundaries. The selected representative
geometric parameters are shown in Figure 8 and Table 1.

 

Figure 8. Schematic diagram of cross-sectional geometry. The marked geometric variables are the
feature parameters when modelling, and all geometric lengths have been nondimensionalized using
the radius of the artery ra, and rpa is fixed as 2. All the dimensionless value of the parameters are
listed in Table 1.
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Table 1. Simulation parameters.

No.
Vein Artery PVC

rv xvc ev,1 ev,2 xve xac ep,1 ep,2

(b) 2.4 1.2 4.4 2.6 2.0 4.6 6.8 3.2
(c) 2.4 2.0 2.6 4.4 2.0 2.0 6.2 5.0
(d) 2.4 2.4 4.0 4.0 2.4 4.8 7.0 4.6
(e) 2.0 0.4 4.0 2.4 1.6 5.0 6.4 3.2
(f) 2.4 2.0 4.4 2.6 2.0 4.6 6.8 3.2
(g) 2.0 2.0 2.6 4.4 2.0 4.8 5.6 5.0
(h) 2.4 2.0 4.0 4.0 2.0 4.0 6.2 4.8

The data in the table have been nondimensionalized with respect to the arterial radius.

In Figure 7, the circles and ellipses illustrate the cross-section of the neurovascular
bundle and the topology of the PAC. Although circles cannot exactly represent the various
complex patterns found in natural organisms, topological combinations of circles and
ellipses have been able to functionally reproduce the experimental flow patterns, see
Figure 7. For example, Figure 7A corresponds to the result that only veins are fluorescently
stained, as shown in Figure 4; Figure 7C,G show that the fluorescent appears mainly in the
arteriovenous space (i.e., PAC(p)) and slightly diffuses to the vein or artery, as shown in
Figure 3; Figure 7D,H show that both the entire PAC(v) and PAC(p) are stained, as shown
in Figure 1. It should be emphasized that the flow pattern and the various cross-section
geometries do not correspond exactly to the real situation. In Figure 7A,D,H, although
there are differences in the geometry and relative position relationships of the arterioles and
fascia, the flow patterns presented are similar. It should be noted again, that the geometry
in this simulation is only one of many possibilities, and the main purpose is to simulate the
experimentally observed flow pattern, not to reproduce the exact shape of the organism
species’ fascia. Importantly, the simulation results elucidate that the three flows (i.e., the
flows within PAC(a), PAC(v) and PAC(p)) are sufficient to reproduce the different flow
patterns observed in various experiments.

3.4. Heart-Orientated ISF Flow

Although the ISF flow direction is a little bit contrary to intuitions, the evidence for
heart orientation is solid enough (Videos S1–S5). To strengthen the reader’s confidence, one
supplementary experiment was provided (Figure S2). In the Supplementary Experiment-1,
the 0.5 μL fluorescent tracer was supplied to the vascular adventitia in the middle of the ex-
posed vessels in vivo. The image showed that the fluorescent ISF flows along the upstream
venous adventitial (i.e., PAC(v) and PAC(p)), flowing toward the heart (Figure S2C,E).
However, the downstream vessels of the fluorescent supplied point did not appear in the
fluorescent signal (Figure S2D,F). The Supplementary Videos and Figures provide vivid
and reliable evidence for the heart-orientated ISF flow.

3.5. The Kinematic Laws of ISF Flow along PAC around Neurovascular Bundles

In previous work [19], the three kinematic laws of ISF flow for isolated arteries and
veins have been proposed. Based on the new phenomena, we took a holistic perspective of
the accompanying artery, vein and nerve. The real topology structures and flow images of
the PAC are highly variable in vivo. However, there is one commonality or invariance, i.e.,
the direction of the ISF flow remains the same in the whole process, which is supported by
extensive empirical evidence. Based on such an invariance, the kinematic laws of the ISF
along the PAC around neurovascular bundles were proposed.

The First law: There exists an ISF flow along the PAC around neurovascular bundles.
The Second law: Along the PAC around the neurovascular bundles, the direction of

the ISF flow is the same as that of the accompanying venous blood flow and opposite to
that of the accompanying arterial blood flow.
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The second law shows that on the extremities, the ISF flow along the PAC is towards
the heart, i.e., it is heart-orientated.

4. Materials and Methods

4.1. Experimental Animals

Thirty male BALB/c mice aged 8–10 weeks were purchased from Beijing HFK Bio-
Technology Co., Ltd., (Beijing, China). The mice were anesthetized using a combination of 2.5%
Avertin at 0.12–0.15 mL/10 g intraperitoneally and 0.02–0.04 mL/10 g Meloxicam subcuta-
neously. After the experiment, the remaining mice were executed using the overdose anesthesia
method. All experiments involving animals conformed to ARRIVE (Animal Research: Report-
ing of In Vivo Experiments) guidelines. This study protocol was reviewed and approved by
Institutional Animal Care and Use Committee, Tsinghua University (No.: 20-YYJ1).

4.2. Surgical Operation and Fluorescent Tracing

Surgical incisions on the mice’s legs were made from foot to groin to fully expose
the vein, artery and nerve. A litter of the outer connective tissue covering the vascular
adventitia was removed by forceps. 1.0–5.0 μL fluorescent sodium (Guangzhou Baiyun-
shan Pharmaceutical Co., Ltd., Guangzhou, China) was supplied slowly to the vascular
adventitia near the foot and ankle (Figure 6).

4.3. Fluorescing Imaging

Observe the ISF flow through Fluorescence Stereo Microscopes ZEISS Axio Zoom V16
(ZEISS, Jena, Germany). The dynamic videos were recorded with a time series of 4s/frame
for continuous filming.

4.4. Histological Staining

The tissue specimens were obtained immediately after fluorescing imaging. The fixed
tissues were embedded with OCT compound then 5 um slices were prepared, cutting by
−20 ◦C freezing microtome. Immediate fluorescence images were acquired by a fluores-
cence microscope (Nikon, Tokyo, Japan) equipped with a charge-coupled device (CCD)
(Nikon, Tokyo, Japan). The remaining sections were fixed and dehydrated according to the
standard treatment of dewaxing, hydration and staining with Elastic Van Gieson (EVG).
The images were acquired by an upright light microscope (Olympus, Tokyo, Japan).

4.5. Sample Size Calculation

Taking into account the unique design to confirm that the ISF flow along the PAC is
universal in mice, traditional sample size calculations are not applicable. One thing that
needs to be clarified is that such an experiment has been repeated hundreds of times in
mice, and the phenomena of the ISF flow along the PAC are proved universal. In this article,
to measure the diameter of PAC(a), PAC(v), and PAC(p), we used thirty 8–10 week old
BALB/c mice in order to reduce errors.

5. Conclusions

In this study, the presence of the ISF flow was verified around the neurovascular
bundles, and its flow along vascular walls was confirmed to be massive. Based on the new
phenomena, the internal subspaces of PAC, i.e., PAC(a), PAC(v) and PAC(p), were proposed.
Using numerical simulations, it was confirmed that different combinations of the three
subspaces were sufficient to reproduce the various flow patterns observed in experiments,
which indirectly validated the applicability of the PAC together with its subspaces. The
kinematic laws of the ISF flow along the PAC around neurovascular bundles are proposed.
We hope that the novel phenomena above may draw the attention of researchers and may
be examined or checked by other laboratories.

Up until now, the physiological functions of the rapid ISF flows are still unclear. Even
so, it is still reasonable to believe that such a long-range, continuous and heart-orientated
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ISF flow is indispensable and vital to life systems. Of course, if the rapid ISF flows are
circulated, then the physiological functions may be imaginable. The findings of this study
lay the foundation and open the way for establishing and developing the kinematics and
dynamics of the ISF flow along the PAC around neurovascular bundles.

6. Limitations

This study has not provided an accurate velocities range of the ISF flow, and has only
given centimeters per second (cm/s) as the velocity magnitude. The ISF flow is high-speed
compared to the lymphatic fluid flow rate (1.8–6 cm/min) [28,29]. We have tried various
experimental methods to quantify the ISF flow. For example, tracking the fluorescent signal
front-end through continuous images recorded by Fluorescence Stereo Microscopes has
been performed. Nevertheless, the interference of uneven and variational background
signal intensity to the actual fluorescence signal front-end cannot be avoided. It is also
limited by the recording resolution and sensitivity to the fluorescent signal of the CCD.
In addition, fluorescent microspheres used in Mestre et al. [9] and Bedussi et al. [30] were
applied to track the ISF flow along the PAC without being able to form a continuous flow.
We speculate that the possible reason for this is that there is a different environment for the
ISF flow in the legs compared to the watery brain. Measuring the accurate velocity range
of the ISF flow along the PAC is an issue for future research to explore.

Supplementary Materials: The following are available online at https://www.mdpi.com/article/
10.3390/jfb13040172/s1, Figure S1: Diffusion of fluorescent tracers in the dead state, Figure S2: The
fluorescent ISF flows towards the heart in vivo, Video S1: ISF flow along PAC(p), Video S2: Equal-
width double-belt ISF flow along PAC(v), Video S3: Unequal-width double-belt ISF flow along
PAC(v), Video S4: Torn fascia across the vein induced waterfall-like ISF flow, Video S5: The small
vessel across the vein induced a waterfall-like ISF flow.
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Abstract: The vascular endothelial cells constitute the innermost layer. The cells are exposed to
mechanical stress by the flow, causing them to express their functions. To elucidate the functions,
methods involving seeding endothelial cells as a layer in a chamber were studied. The chambers are
known as parallel plate, T-chamber, step, cone plate, and stretch. The stimulated functions or signals
from endothelial cells by flows are extensively connected to other outer layers of arteries or organs.
The coculture layer was developed in a chamber to investigate the interaction between smooth muscle
cells in the middle layer of the blood vessel wall in vascular physiology and pathology. Additionally,
the microfabrication technology used to create a chamber for a microfluidic device involves both
mechanical and chemical stimulation of cells to show their dynamics in in vivo microenvironments.
The purpose of this study is to summarize the blood flow (flow inducing) for the functions connecting
to endothelial cells and blood vessels, and to find directions for future chamber and device develop-
ments for further understanding and application of vascular functions. The relationship between
chamber design flow, cell layers, and microfluidics was studied.

Keywords: flow chamber; endothelial cells; coculture techniques; microfluidics; lab-on-a-chip

1. Introduction

Vascular tissue is composed of many layers; the innermost of which is called the en-
dothelium, which is made of vascular endothelial cells (ECs). Therefore, ECs are constantly
contacting the blood flow and are subjected to the flow’s mechanical stress to express their
functions. To elucidate this phenomenon, the morphology of vascular ECs was analyzed
in vivo [1]. Later, a method for seeding ECs in a chamber was proposed to observe the
various functions of ECs. Flow load was applied using the culture medium to simulate
blood flow. This method has become indispensable for studying EC functions induced
by flow. Recent advances in chamber design technology have led to the development of
chambers with ECs and smooth muscle cells (SMCs) cocultured. The relationships between
ECs and the function of SMCs and other deeper layers in blood vessels using the chambers
have become clear. There is a cascading effect of the influence of blood flow through
ECs into the deeper tissues of blood vessels. The chamber-based method has contributed
to the elucidation of this cascade. In addition, the development of microfluidic devices
through the advancement of microfabrication technology has enabled us to construct a
three-dimensional microvascular network that reproduces the microenvironment in vivo
and clarifies the dynamics of cell groups (cells).
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As described above, the functional expression and application of ECs induced by flow
are closely related to the development of many chambers and devices. The purpose of
this study is to show the methods of inducing flow for functionalizing ECs by inducing
flow and affecting blood vessels. Additionally, this study will find directions for future
designs of chambers and device developments for further elucidation and application of
vascular functions.

2. Materials and Methods

A keyword-based search of Pubmed (https://pubmed.ncbi.nlm.nih.gov) was per-
formed. The search was performed between 23 June and 20 August 2021. The keywords
used are shown in Figure 1, and the number of hits for each keyword is shown. The
keywords were divided into the three primary categories as shown in Figure 1. The first
category is called monolayer of EC. In the chamber, EC are seeded with monolayer cells,
and the functions are induced by flow to examine the stimulation in ECs or with ECs. By
using assembly techniques, the chambers are constructed as parallel plate, T-chamber, step,
cone plate, and stretch, respectively dependent on the induced flow.

 

Figure 1. The main categories of paper searches using keywords in Pubmed.

The second category is called ‘coculture’, meaning that ECs induced by flows function
by flow with SMCs. The third category is called ‘microfluidic’, meaning that the flow
channels are fabricated more complexly and more precisely with patterns to use rare,
diseased, or patient-specific cells with ECs stimulated by flows.

3. Results

3.1. Monolayer Chambers
3.1.1. Parallel Chamber

Parallel chambers introduce a unidirectional flow, and the cross-sectional area of the
fluid domain is constant, as shown in Figure 2. A layer of EC is created at the bottom of the
fluid domain in the chambers. Polystyrene [2], PDMS [3], ULTEM [4], glass for seeding cells
in polycarbonate [5], gelatin-coated polyester sheet [6], and fibronectin-coat [7] are often
used as the material of the chamber. A pulsating or steady flow was introduced into the
chamber. The flow estimations in the chamber were accompanied mostly by computational
fluid dynamics (CFD). On the other hands, LDV to experimentally measure the flow was
performed and compared with some calculated values by Avari et al. [4], and microparticle
image velocimetry was used by Lafaurie-Janvore et al. [8]. In the pulsatile flow, the actin
microfilament and NO production of ECs were compared in wall shear stress (WSS) during
exercise in vivo [9].
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Figure 2. Flow domain in a parallel chamber. The arrows in the flow domain show the velocity
distribution.

According to the purpose of these studies, we can categorize the EC’s reactions or
the activities of signals, including adhesion on the EC. Parallel chambers have been used
to study not only the behavior of ECs themselves, but also the relationship between the
adsorption of proteins on ECs and activation behavior.

ECs orient and elongate their shapes along with the flow. This has been quantitatively
measured by Levesque et al. using the shape index [10]. The results showed that the shape
index of bovine ECs almost converged after 24 h at 8.5 Pa WSS. Prasad et al. investigated the
response of inositol phosphate levels [11]. Munn et al. investigated cell fluxes under several
flow conditions such as steady or saw-tooth patterns [12]. Lafaureie-Janvore et al. showed
the polarization of a cell on micron-size lines [8]. Anzai et al. proposed the disturbance
effect by the placement of a stent strut on the cell culture in a parallel flow chamber [13].
Wang et al. investigated the cell density in the gap of two stent struts using a parallel flow
chamber [14].

The relationship between EC walls, such as endothelium and fluid domain, were
studied from signal activation to adhesion on the wall.

Cadroy et al. (1997) studied thrombogenicity using patient blood [15]. Gopalan et al.
(1997) studied the emigration of neutrophil at 0.2 Pa [16], and Gosgnach et al. (2000) found
that angiotensin converting enzyme is expressed by WSS [17]. Han et al. reported that
shear stress induces mitochondrial reactive nitrogen species formation and inhibits the
electron flux of the electron transport chain at multiple sites [18]. Popa et al. showed the
formation of CD154-induced ultra-large von Willebrand factor (ULVWF) on ECs under
0.25–1 Pa WSS and transmigration of monocytes [19].

Lawrence et al. investigated the adhesion of polymorphnuclear leukocytes (PMNL)
to endothelium (HUVEC) under 0.098 Pa [20]. Barabino et al. (1997) studied the adsorp-
tion of sickle red blood cells using parallel chambers. Viegas et al. (2011) investigated
the adsorption of Methicillin-resistant Staphylococcus aureus on HUVECs in a 0–1.2 Pa
parallel plate flow chamber [5]. Ozdemir et al. (2012) investigated the adsorption of
soluble fibrinogen-mediated melanoma-polymorphonuclear neutrophils (PMNs) using a
commercially available parallel plate flow chamber [21]. Kona et al. (2012) measured the
poly (D, L-Lactic-co-glycolic acid) (PLGA) biodegradable nanoparticles uptake into ECs,
which are considered to be injured arterial walls under fluid shear stress [22]. Rychak et al.
investigated microbubbles adhesion to endothelium with deformation by WSS [23].

Previous studies have also revealed that WSS stimulates mechanosensitive molecules
and intracellular signaling pathways, which can induce morphological and functional
changes in ECs. For example, Takahashi and Berk showed that 1. 2 Pa WSS caused rapid
activation of extracellular signal-regulated kinase (ERK1/2), which is one of the mitogen-
activated protein (MAP) kinases and important for changes in EC gene expression [24].
Li et al. reported that phosphorylation of focal adhesion kinase (FAK), which plays a
pivotal role in mechano-chemical transduction signaling pathways in ECs, is crucial in
shear stress-induced activation of ERK1/2 [25]. Shear stress increases the influx of Ca2+,
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known as a second messenger for the control of a variety of cell functions, in ECs mediated
by Ca2+ ion channels [26]. Chachisvilis et al. demonstrated that conformational changes in
G-protein-coupled receptors (GPCR) and the activation of G-protein, molecular switches
changing the activity of GTP, are also induced by shear stress [27].

As summary, parallel plate chambers are widely used to find the cascade and mecha-
nism of EC signals under dynamic response such as adhesion to ECs under uniaxial flow.
As for chamber performance, WSS is used between 0.098 Pa and 8.5 Pa. In the future, a
further development direction would be to conduct experiments under high WSS, where,
for example, cardiovascular diseases are thought to develop, and next-generation chamber
design using CFD methods is needed [3,28].

3.1.2. T-Chamber

The T-chamber is a chamber with a T-shaped cross section, as shown in Figure 3. The
flow forms an impinging flow at the stagnation point in the center of the T-junction, and a
high WSSG is loaded on the EC. This chamber assumes a bifurcation of an artery, which is
the frequent site for a cerebral aneurysm. The T-chamber of Meng et al. (2008) has a WSS
of 4 Pa and a WSSG of 30 Pa/cm. Sakamoto et al. (2010) investigated the orientation of
ECs in chambers with a WSS of 2–10 Pa and a WSSG of 0–340 Pa/cm for 24–72 h under
flow loading.

 
Figure 3. Flow domain in the T-chamber.

Additionally, Dunn’s group revealed lymphatic ECs are sensitive to WSSG [29,30].
Several WSSGs are produced using a six-well impinging flow chamber and the migration
direction of ECs induced by WSSG is changed by the densities of ECs.

3.1.3. Step Flow Chamber

A step flow chamber is a chamber that has a vertical step expansion at the entrance
(Figure 4). This chamber could be used to generate disturbed flow including flow separation
and reattachment following vortex. The gradient WSS is generated to mimic the flow
condition of a vascular branch. A step flow chamber could study the stimuli of disturbed
WSS on EC. Chiu et al. investigated the disturbed flow sustained by activated EC sterol
regulatory element binding protein 1 (SREBP1) [31]. The integrins in the SREBP1 mechano-
activation play an important role in the modulation of EC lipid metabolism. Bao et al. found
a temporal gradient in the shear effect of the NO expression process in EC [32]. Continually
using a step flow chamber, Bao et al. also reported that the temporal gradient in shear
induces ERK1/ERK2, c-fos, and Cx43 in the EC signaling pathway [33], and temporal
gradient in shear effect EC proliferation [34]. Studies found the lipid bilayer in the EC
membrane could sense the WSS and change membrane fluidity [35–37].

By using an EC-SMC coculture model together with a step flow chamber, Chen et al.
found the disturbed flow could induce EC and SMC expressions of adhesion molecules
and chemokines, which contributed to the increased white blood cell adhesion and trans-
migration [38].
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Figure 4. Flow domain in a step flow chamber. The red arrows in the flow domain show the velocity
distribution, and the blue arrows show the flow patterns in the flow domain.

3.1.4. Cone Plate Flow Chamber

One form of flow chamber that provides hydrodynamic loading to the surface of
cultured cells is the cone-plate type flow chamber, as shown in Figure 5. As a result of
Pubmed survey with the keyword terms ‘endothelial cell’ and ‘cone plate’ and ‘wall shear
stress’, 20 articles were found. Of these, 17 were flow exposure experiments using ECs.

 
Figure 5. Flow domain in a cone plate flow chamber. The red arrows in the flow domain show the
velocity distribution, and the blue arrows show the direction of the cone.

The cone plate flow chamber system was started in 1981 by Dewey, C.F. et al. [39]. It
was developed based on a commercially available cone plate viscometer. In the cone plate
type flow chamber, the cone is rotated to generate Couette flow in the small gap between
the cone and the plate. Fluid shear stress occurs in a moving viscous fluid as a tractive force
against a solid body. Newton’s law of viscosity states that the shear stress τ is proportional
to the strain rate: τ = μ du

dy , where u is the fluid velocity and y is the distance from the wall.
On the rotational device, the equation can be approximated using angular velocity ω and
cone angle α as τ = μ ω

α , under the assumption that the cone angle is sufficiently small [39].
While blood is a suspension and exhibits non-Newtonian properties, the culture medium is
considered as a Newtonian fluid and is assumed to follow the above equations.

Then, the cell layer on the bottom plate was assumed to be exposed by uniform shear.
For EC exposure, wall shear up to 120 dyne/cm2 has been applied. By fixing the rotation
speed and direction of the cone, a constant laminar flow is given [40–46].

48



J. Funct. Biomater. 2022, 13, 92

One advantage of the cone plate type flow chamber is that transient flow can be
applied using the same device as constant flow. Bongrazio et al. performed turbulent
flow exposure (average WSS of 0.6 Pa (6 dyn/cm2)) [43]. Franzoni et al. also performed
transient flow exposure based on the sine waveform which ranges from 0.5 to 2.5 Pa (from
5 to 25 dyn/cm2) of WSS [47]. O’Keeffe et al. performed transient flow exposure based
on the waveform obtained by CFD on the right coronary artery [48]. Maroski et al. and
Parker et al. also applied a transient waveform [44,49] based on arterial flow profiles:
a so-called ‘atheroprone’ profile ranges from −8.9 to 3.7 dyn/cm2 (−0.15 dyn/cm2 mean)
and ‘atheroprotective’ profile with the range from 13.3 to 43.7 dyn/cm2 (20 dyn/cm2

mean) introduced by Dai, G. et al. [50]. The same as these two articles, Franzoni et al. [51]
applied waveform-WSS which involved the inflammatory phenotype of ECs provided by
Feaver et al. [52].

Note that the nonlinearity of flow appears because of the secondary flow at the edge
of the cone and can alter the shear stress on the plate surface, especially at high shear rate
conditions with a larger cone angle. A numerical experiment by Shankaran et al. showed
the increase of WSS magnitude with radial position away from the center according to the
increase of Re number and cone angle [53]. In their experiment, 0.5◦ cone did not deviate
from the primary flow value. However, 2◦ cones with a shear rate of 1000 s−1 caused the
WSS to be ~5.1-fold larger than the primary flow value.

3.1.5. Stretch Chambers

ECs constantly undergo cyclic stretching due to blood pressure applied to the vessel
wall. The purpose of using the stretch chamber shown in Figure 6 is to examine ECs
loaded by the mechanical role of the wall in addition to being induced by flow. In 1990,
Vedernikov et al. first demonstrated that female pigs’ (8–10 weeks of age) left circumflex
coronary arteries were directly stretched with a strain gage to examine the tension as
a contractile [54]. They examined the effect of the existence of the ECs under stretch
on the tension using the ring of the coronary arteries. However, in 1997, Rosaries et al.
studied the response of EC collected from calf thoracic aorta by seeding them in a stretch
chamber [55]. In this method, 4–25% stretching at 0.5 Hz or 1 Hz is applied to examine EC
deformation [56,57], NO generation [58], and Ca2+ concentration. In 2008, Katanosaka et al.
observed tyrosine phosphorylation and actin dynamics using fibronectin dots in a chamber
with a cyclic and uniaxial strain [59]. Hashimoto-Komatsu et al. used the Boyden chamber
method to investigate the function of Angiotensin II and its relationship to the function of
microtubules in ECs involved in cell-cell adhesion [60].

Figure 6. Flow domain in a stretch chamber. The red arrows show the velocity distribution in the
flow domain, and the blue arrows show the direction of the wall of chamber.

3.2. Summary of Monolayer Chambers

Monolayer chambers can reveal the flow influence on the ECs with other substances.
Using a parallel chamber, WSS induced by one-direction flow was applied and the WSS
stimulated ECs are the cascade and mechanism of EC signals. T-chambers have WSSG, step
flow chambers give vortex, cone chambers give different directions (time dependent on
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flow), and stretch chambers show the vessel wall deformation. These chambers relate to
the representative of arterial geometry such as bifurcation using T-chamber, which is the
frequent site for a cerebral aneurysm. The ECs in the chamber have a relation to the diseases.
However, the ECs in the monolayer chamber do not have any response to/from/with other
cells such as SMC or other organs. The monolayer chamber is missing the physiology of
the wall including SMC and the extracellular matrix.

3.3. Application of WSS to EC-SMC Coculture
3.3.1. Interaction between ECs and SMCs

As described in the previous chapter, in vitro experiments with various types of flow
chambers have revealed the effect of WSS on the morphology and function of vascular ECs.
Diverse functions of ECs are responsive to WSS stimuli, such as vasoconstriction/dilation
(vascular tone), wall permeability, leukocyte adhesion, thrombogenesis, and vascular wall
remodeling. Endothelial responses to WSS are now widely recognized to play a critical role
in vascular physiology and pathology such as arteriosclerosis and aneurysms.

In addition to the ECs lining the lumen of arterial walls, SMCs in the middle layer of
blood vessel walls, ‘tunica media’, are also important in vascular physiology and pathology.
In normal healthy arterial walls, SMCs reside in a quiescent and contractile state, referred
to as the ‘contractile type’, and play a major role in vascular tone. However, in the medial
degeneration site widely recognized as a pathologic feature of aortic diseases such as
arteriosclerosis and aneurysms, SMCs dedifferentiate into a proliferative and synthetic state
(synthetic phenotype) and exhibit low contractility and high proliferative and migration
ability, with secretions of physiological activity factors and extracellular matrix (ECM)
proteins. Since SMCs are not directly exposed to blood flow, the response of ECs to the
WSS condition causes changes in the phenotype and function of SMCs through cell–cell
interaction (cross-talk) [61]. Investigations focusing on cell–cell interactions between ECs
and SMCs under WSS conditions have been performed to understand the role of EC
response to WSS in vascular physiology and pathology in more detail.

3.3.2. EC and SMC Coculture Models for WSS Experiments

Coculture assays have been demonstrated to study the cellular interactions between
ECs and SMCs in vitro. The coculture systems for investigating the effects of WSS on the
EC-SMC interactions have also been developed. In this review, focusing on the interaction
between ECs and SMCs in vascular physiology, we searched for the keyword terms ‘co-
culture’ or ‘cocultured’ in addition to ‘endothelial’, ‘shear stress’, and ‘smooth muscle’ in
Pubmed (Figure 1). From the 63 identified articles from 1995 to July 2021, excluding non-
English journals and reviews, we examined 45 studies that performed WSS experiments
for coculture of ECs and SMCs.

The coculture methods used in the examined studies can be classified as follows
(Figure 7).

1. Double-side type (flat and tubular types; Figure 7A,B): ECs and SMCs are cocultured
on the opposite sides of a porous membrane (flat type, 20 cases (44.4%), tubular type,
6 cases (13.3%), total of 26 cases (57.8%));

2. Single-side type (Figure 7C): ECs and SMCs are cocultured on the same surface
(3 cases (6.7%));

3. Direct culture type (Figure 7D): ECs are directly cultured above a pre-cultured SMC
layer (7 cases (15.6%));

4. 3D culture type (Figure 7E): ECs are cultured on type I collagen gel or the other types
of ECM gel containing embedded SMCs (8 cases (17.8%));

5. Another type: ECs are cultured on the inside of a culture insert, and SMCs are cocul-
tured on the bottom of the well in which the culture insert was placed (1 case (2.2%)).
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Figure 7. Schematic illustration of types of EC and SMC coculture models for WSS experiments
found in the literature. (A) Coculture of ECs and SMCs on the opposite sides of a flat porous
membrane. (B) Coculture of ECs and SMCs on the opposite sides of a porous tube. (C) Coculture
of ECs and SMCs on the same surface (mixed or arranged). (D) Coculture of ECs directly above
pre-cultured SMCs. (E) Coculture of ECs on the surface of type I collagen gel or the other types of
ECM gel containing SMCs. (F) Coculture of ECs forming a capillary-like structure in a hydrogel with
surrounding fibroblasts, pericytes, and/or astrocytes. In either of the models, except for C, WSS
exerted only on ECs. FB, fibroblast; PC, pericyte; AC, astrocyte.

The ‘double-side type’ is the most common method for WSS experiments for coculture
of ECs and SMCs among the studies examined, and many of these studies used originally-
developed parallel plate flow chambers, which can incorporate commercially available
cell culture inserts and apply WSS to ECs on the bottom of the culture inserts [62–72]. In
some cases of the double-sided type, tubes or capillaries made of porous materials were
also used [73–77]. There seems to be no essential difference in the EC-SMC cross-talk and
WSS acting on ECs compared to the method using culture inserts, but in the tubular type,
ECs are surrounded by SMCs, which is a similar environment to that of blood vessels. The
‘direct culture type’, ‘3D culture type’, and ‘single-side type’ are generally formed in the
flat plane shape of cocultures in the culture dish, and the parallel plate flow chambers are
commonly adopted in these types of coculture methods. Experiments using a cone (disk)
plate flow chamber [69,78] and perfusing culture medium into an original tubular substrate
having a honeycomb cross-sectional shape [79] have also been reported as methods for
application of WSS to EC-SMC cocultures.

3.3.3. Responses of ECs and SMCs to WSS under Coculture Conditions

Many studies used EC-SMC coculture experiments to understand the mechanism of
arteriosclerosis. Therefore, these coculture studies also investigated the effects of WSS
environments lower than the physiological levels of arteries, and have shown that WSS
applied to ECs causes functional changes in SMCs not exposed to WSS. In addition, it has
also been reported that the effects of WSS on ECs cocultured with SMCs are different from
those on monocultured ECs, and factors that act as signal transmitters in the intercellular
cross-talk in coculture environments. These studies have then revealed that the conditions
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of static culture and WSS lower than ~0.5 Pa have atheroprone effects on the behavior and
functions of ECs and SMCs related to the formation and development of arteriosclerosis,
and physiological levels of WSS induce atheroprotective responses in cells. Increased
migration and proliferation of SMCs have been observed in arteriosclerotic lesions, and
it has been reported that the application of 1 Pa of WSS on ECs suppresses the growth
of SMCs not exposed to WSS compared to static conditions [66,69]. The WSS applied
to ECs also suppresses the migration of SMCs [75,80,81], and it was revealed that nitric
oxide (NO) produced by ECs in response to WSS plays a critical role in the suppression
of SMC migration [80]. An increase in leukocyte adhesion and invasion of the blood
vessel wall has also been observed in arteriosclerosis pathology, and the effects of coculture
and WSS environment have been reported on this phenomenon. Coculturing with SMCs
increases the expression of adhesion proteins such as intercellular adhesion molecule-1
(ICAM-1), vascular cell adhesion molecule-1 (VCAM-1), and E-selection on the surface of
ECs, as well as the expression and secretion of chemokines and cytokines such as monocyte
chemotactic protein-1 (MCP-1), growth-related oncogene-α (GRO-α), and interleukin-8
(IL-8) that promote leukocyte migration, and these expressions and secretions induced by
the coculture are suppressed by a physiological level of 1.5 Pa WSS condition [62,63,69,82].
It has also been shown that WSS applied to ECs suppressed leukocyte invasion stimulated
by an SMC coculture environment [83]. The WSS conditions of ECs also affect the phenotype
of cocultured SMCs. The expression of contractile markers, smooth muscle α-actin (SMα-
actin), SM-myosin heavy chain (SM-MHC), and calponin in SMCs was increased by 1.2 Pa
of WSS applied to cocultured ECs [69]. Hastings et al. exposed ECs to atheroprone
oscillatory WSS and pulsatile WSS, simulating physiological conditions, and evaluated the
phenotypes of ECs and SMCs. As a result, oscillatory WSS decreased the expression level
of the physiological state of quiescent phenotypic ECs’ markers such as endothelial NO
synthase (eNOS) and Tie2, and similarly decreased the contractile markers, SMα-actin, SM-
MHC, and myocardin, of SMCs compared to the physiological conditions [63]. In cross-talk
between ECs and SMCs under WSS conditions, the roles of prostacyclin (PGI2) [69] secreted
by ECs, platelet-derived growth factor (PDGF)-BB, and transforming growth factor-β1
(TGF-β1) [67] have also been shown.

3.3.4. Advanced Applications of EC and SMC Coculture Models

As stated above, coculture studies have revealed that EC-SMC interactions have
crucial roles in vascular physiology and pathology under WSS conditions, especially in
the pathogenesis of arteriosclerosis. Extending the work to include constructing tissue-
engineered blood vessels and developing screening assay platforms for drug discovery as
an alternative to animal testing, the improvement of EC-SMC coculture systems and the
conduct of flow exposure experiments lasting longer than the typical conventional 24 h have
also been performed. Cultured SMCs generally show the synthetic type while the normal
state of SMCs in the arteries shows a contractile phenotype, and it has been pointed out
that the effects of synthetic SMCs on cocultured ECs are different from those of contractile
cells [84,85]. In addition to the phenotype of cocultured SMCs, they have focused on the
effect of mechanical properties of culture inserts widely used in ‘double-side type’ coculture
and the suppression of direct contacts between ECs and SMCs by the inserts [84,85]. They
have conducted the ‘direct culture type’ coculture of ECs and SMCs. Some studies have
demonstrated WSS experiments with EC-SMC coculture, which was constructed with SMCs
differentiated into a contractile type by culturing with a serum-free culture medium in
advance [86,87]. Longer-term WSS experiments using bioreactors have also been performed.
For the purpose of investigating molecular mechanisms related to angiogenesis, vascular
wall remodeling, and vascular disease, Janke et al. developed a bioreactor as an ‘artificial
artery’, in which ECs were cultured on the inside of porous capillaries and SMCs on
the outside, and conducted the application of WSS for 5 days [77]. To evaluate blood-
brain barrier (BBB) characteristics in the cerebrovascular network, Cucullo et al. made an
artificial vascular system mimicking cerebral capillary and venous segments by connecting
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a vein model in which ECs and SMCs were cocultured and a capillary model composed of
endothelial and astrocyte coculture [76]. They applied WSS of 0.3 Pa to the vein model as
well as WSS of 1.6 Pa to the capillary model for 3 weeks, and examined the relationship
between the formation of cell–cell adhesion as assessed by transendothelial electronic
resistance (TEER) and endothelial permeability in the cerebrovascular network and the
experimental period. Since in vitro cell culture experiments have strong advantages in
studying cell–cell cross-talk at the molecular level, coculture WSS experimental systems not
only with ECs with SMCs but also with other types of cells such as pericytes, astrocytes, and
valve interstitial cells will be more important for a detailed understanding of physiology
and pathology, as well as for regenerative medicine and drug discovery.

Recently, it has been pointed out that high WSS has an effect on pathology such as
aneurysms and arterial dissection [88,89], but physiological levels of up to 4 Pa WSS have
been examined in coculture studies of ECs and SMCs because these WSS experiments
have also been performed mainly for atherogenesis, and one study showed the effects
of WSS up to about 10 Pa on EC-SMC coculture [90]. Since cross-talk between ECs and
SMCs is considered to play an important role in pathogenesis associated with higher WSS
conditions as well, high WSS experiments for coculture will also be required for elucidating
these pathologies.

3.4. Cellular Experiments of ECs with Microfluidic Devices
3.4.1. Microfluidic Cellular Experiments

Due to the advancement of microfabrication technology, cellular experiments using
microfluidic devices, which culture cells inside microchannels as shown in Figure 7, have
been performed to observe cellular dynamics since the 2000s. We searched for keyword
terms ‘microfluidic’ or ‘microfluidic device’ with ‘endothelial cell’ and ‘shear stress’ in
Pubmed, resulting in the identification of 278 or 94 articles, respectively (Figure 1). In
addition, in order to include state-of-the-art technology of microfluidic cellular experiments
into this review, search for keyword terms ‘microfluidic device’ in addition to ‘vascular
network’ identified 129 articles. Here, referring to the search results as appropriate, we
provide an overview of cellular experiments using microfluidic devices.

In fabricating microfluidic devices, a convex channel pattern is first created on a silicon
wafer using SU-8 photolithography or on a plastic polymer such as ABS resin by milling
machine. The channel pattern is then transferred to polydimethylsiloxane (PDMS) [91]
or a hydrogel [92,93] by soft lithography. Inlets and outlets are punched in the PDMS or
hydrogel mold to access each channel, and a layer of the same material or a cover glass
is bonded to the channel-patterned surface to form the channels. The devices consist
of channels for cell culture, for hydrogels to mimic an ECM, and for loading various
conditions on the cells (media and gas channels). Hereby, the control of environmental
factors (mechanical and chemical stimuli) on cells is achieved, and cell dynamics under
conditions that reproduce in vivo microenvironments can be evaluated. The usage of a
microfluidic device for cellular experiments can save rare cells, such as patient-derived
cells and stem cells, and expensive experimental reagents. Cell adhesion area and the fluid
volume in a microfluidic device are smaller than those in cell culture dishes and wells,
and small amounts of cells and reagents are sufficient for performing experiments. The
coculture of multiple types of cells and their three-dimensional culture are feasible in the
device. In addition, since the device is fabricated using transparent materials, it enables
high-resolution and real-time observation of cell dynamics.

3.4.2. Microfluidic Devices for Shear Stress Applications

Many experiments have been performed with ECs in confluency in a microfluidic
device to investigate their dynamics under flow exposure. Various shear stresses were
applied to the ECs cultured in the channel by flowing the cell culture medium using
pumps such as syringe pumps [94], roller pumps [95], or by applying hydraulic head
pressure between the inlet and outlet of the channel [96]. To generate various levels of
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steady shear stress at the same time, other than directly controlling the shear stress by
adjusting the flow rate of the cell culture medium, there are ways to change the geometry
of the flow channels in the device [97,98]. The width or height of a single channel can
be continuously [30,99–103] or stepwisely [104–107] enlarged or reduced. Otherwise, the
channel size is changed by branching a channel into multiple channels [108–111] or by
adjusting the circular diameter [112]. Even if the flow rate of the cell culture medium
flowing in the entire channel is constant, the flow velocity varies with the cross-sectional
area, and a large shear stress can be generated at a location with a narrow cross-sectional
area. The shear stress can also be controlled by controlling the flow rate of the cell culture
medium with the setting flow resistance of branching channels [113–116]. The effect of
spatiotemporal gradients of shear stress on cells can also be studied by varying the shear
stress within the flow channel [117]. In order to generate unsteady shear stress, it is
common to combine a microfluidic device with the supply of cell culture medium by a
pump [118,119]. Experiments have been conducted to load shear stress on the ECs by
generating periodic flow, such as beating [120,121]. Pumpless microfluidic devices have
also been proposed to periodically generate bidirectional flow [122]. These microfluidic
methods enable us to simulate both physiologically healthy situations of shear stress and
situations at the site of onset of arteriosclerosis and other diseases.

In experiments using microfluidic devices, it is possible to observe the dynamics of ECs
under multiple stimuli in addition to flow exposure. By fabricating the device with elastic
materials, the device itself can be deformed by stretching and shrinking to exert mechanical
stimuli over the ECs [106]. Changes in the components such as adding glucose [100],
vascular endothelial growth factor (VEGF) [123], tumor necrosis factor (TNF-α) [124,125],
adenosine triphosphate (ATP) [117], or EDTA [126] in the cell culture medium yield to
exert chemical stimuli over the cells. Experiments combined with micropatterning can
also be conducted by modifying the surface properties of the substrate like hardness and
hydrophilicity by coating with hydrogel or other materials [127,128] or by plasma treat-
ment [8]. Furthermore, the effects of oxygen tension on ECs can be studied by manipulating
the dissolved gas components in the cell culture medium [125,129,130]. As for a device
structure, it has been proposed that a channel for culturing ECs and another separated
channel be located sandwiching a membrane with nano-sized pores [131–133] or a hydrogel.
This structure allows a coculture with different types of cells, such as pericytes or astrocytes
that support blood vessels [134], cancer cells that promote angiogenesis [135], and epithelial
cells that exist on the other side of the monolayer of ECs [136]. Consequently, it is possible
to observe the dynamics of ECs under the interaction with other types of cells. Furthermore,
observation of effects of blood cells (platelets, leukocytes, and red blood cells) [112,137]
or parasitic protozoa and bacteria such as toxoplasma [138] are injected into the channel
where ECs are cultured, considering it as a blood vessel.

3.4.3. Experiments with EC monolayer

With monolayers of ECs formed in the microfluidic device, morphological changes of
the cells in response to environmental factors, including shear stress, have been observed. It
has been shown that cells orientate in the flow direction by flow exposure, but orientate in a
direction orthogonal to the flow direction when the shear stress is very high. The presence or
absence of flow affects the differentiation and phenotype of ECs and alters their properties.
The expression of intercellular adhesion molecules such as ICAM-1 and cell-substrate
adhesion molecules, as well as cytoskeletal changes by actin filament, play important
roles in the morphological changes of cells, and they vary according to the magnitude
and period of the flow exposure. Although ECs forming a monolayer are distributed like
paving stones, individual cells do not lose their motility, and random collective migration
is observed [8,95,130]. By acquiring time-series microscopic images of this collective
migration and analyzing them by particle image velocimetry, the migration velocity of the
cells and the strain (traction force) generated in the monolayer can be obtained to clarify
the dynamic characteristics [105]. The wound healing assay, in which a monolayer of cells
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cultured on a dish is scratched and then the cells recovering the damaged area are observed,
has frequently been used to investigate collective migration. In an experiment using a
microfluidic device, a similar wound healing assay that chemically damages a monolayer of
ECs by flowing trypsin solution under fluid control is proposed [139]. Moreover, collective
migration of ECs is a necessary process in sprouting at the beginning of angiogenesis. By
placing a hydrogel that mimics an ECM in a microfluidic device and forming a monolayer
of ECs at the interface, the effects of interstitial flow in the ECM and shear stress on
angiogenesis can be evaluated [140]. Furthermore, it is possible to quantitatively evaluate
the permeability of a monolayer of ECs. The permeability can be measured by quantifying
the diffusion of fluorescence-labeled dextran, which is added to the cell culture medium,
goes through the monolayer formed on a hydrogel, and diffuses in the gel [114,133,138,141].
Alternatively, the same as the TEER method using a transwell, the electrical resistance
between the upper and lower channels separated by a monolayer of ECs formed on a
membrane with nano-sized pores can provide permeability [118,132,135].

3.4.4. Experiments with Microvascular Networks and Their Perspective

Research using microfluidic devices has also established a method to construct a three-
dimensional microvascular network like capillaries [142]. By culturing ECs densely mixed
in a hydrogel such as fibrin gel, vasculogenesis occurs and a microvascular network is
formed [143]. To stabilize the microvascular network, cells such as pericytes and fibroblasts
should be mixed with ECs at an appropriate density. Additionally, it has been proposed
to mix astrocytes found in the central nervous system to reproduce the BBB of blood
vessels in the human brain [144]. The permeability of the microvascular network formed
in microfluidic devices has been evaluated, as well as the changes in response to cell
composition, chemical stimuli, and shear stress. Additionally, microvascular networks are
utilized to observe the intravascular invasion and extravasation of cancer cells in a cancer
microenvironment [145,146]. Furthermore, nanoparticles are injected into microvascular
networks for drug delivery purposes [147].

Cell experiments using microfluidic devices have evolved into organ-on-chips that
reproduce the functions of organs and in vivo tissues by integrating various channel struc-
tures and cells. One notable example is lung-on-a-chip, which mimicked a microenviron-
ment in an alveolus by coculture of endothelial and epithelial monolayers with sandwiching
a porous membrane set in a microchannel [148]. The chip yielded observation of various
cell dynamics in the presence of blood and air flows and stretching. Additionally, devices
have been proposed to mimic the function of the entire human body by connecting the func-
tions of multiple organs. The use of such microfluidic devices makes it possible to perform
cellular experiments under conditions that reproduce the microenvironment in vivo, and it
is expected to be utilized for drug screening for various diseases. The importance of mi-
crofluidic devices for cellular experiments will increase in the future as a research tool that
contributes to the 3Rs (Replacement, Reduction, and Refinement) in animal experiments
for medical research, including drug discovery.

4. Conclusions

This review revealed that the flow-inducing functions are connected to ECS and SMCs
in blood vessels as shown in Table 1. The studies using flow chambers are elucidating from
the response of ECs themselves on surfaces in direct contact with flow to the response of
cells in the wall to signals from ECs. These chamber studies have shown that the effects
of flow are transmitted in a cascade from ECs to cells in the wall. The relationship with
organs other than arteries is also spotted using the flow chambers.
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Table 1. Chambers with flow character and EC responses.

Signal and Response by Flow Name of Chamber Flow Character ECs on . . .

Monolayer Inside ECs/With ECs

Parallel (Figure 2) One direction Rigid wall

T-chamber (Figure 3) WSSG Rigid wall

Step (Figure 4) Vortex Rigid wall

Cone plate (Figure 5) Couette flow Rigid wall

Stretch (Figure 6) One direction Deformed wall

Coculture with SMC Cross-talk with SMC

Double-side flat
(Figure 7A) One direction

porous membrane with
SMC in the oppposite sideDouble-side 3D

(Figure 7B) 3D tubular

Single-side (Figure 7C) One direction Rigid wall with SMC

Direct culture (Figure 7D) One direction Directly on SMC

3D culture (Figure 7E) One direction Collagen type 1 gel
with SMC

Microfluidic cell culture Cross-talk with other cells via ECM Another type (Figure 7F) 3D tubular In hydrogel
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Abstract: Hemodialysis is an important means to maintain life in patients with end-stage renal
disease (ESRD). Approximately 76.8% of patients who begin hemodialysis do so through catheters,
which play vital roles in the delivery of hemodialysis to patients. During the past decade, the
materials, structures, and surface-coating technologies of catheters have constantly been evolving to
ameliorate catheter-related problems, such as recirculation, thrombosis, catheter-related infections,
and malfunction. In this study, based on the commercial GDK catheter, six catheter models (GDK,
GDK1, GDK2, GDK3, GDK4, and GDK5) with different lumen diameters and different geometric
features of side holes were established, and computational flow dynamics (CFD) were used to
measure flow rate, shear stress, residence time (RT), and platelet lysis index (PLI). These six catheters
were then printed with polycarbonate PC using 3D printing technology to verify recirculation rates.
The results indicated that: (1) the catheter with a 5.5 mm outer diameter had the smallest average
shear stress in the arterial lumen and the smallest proportion of areas with shear stress > 10 pa.
With increasing catheter diameter, the shear stress in the tip volume became lower, the average RT
increased, and the PLI decreased due to larger changes in shear stress; (2) the catheters with oval-
shaped side holes had smaller shear stress levels than those with circular-shaped holes, indicating
that the oval design was more effective; (3) the catheter with parallel dual side holes had uniformly
distributed flow around side holes and exhibited lower recirculation rates in both forward and reverse
connections, while linear multi-side holes had higher shear stress levels due to the large differences
in flow around side holes. The selection of the material and the optimization of the side holes of
catheters have significant impacts on hemodynamic performances and reduce the probability of
thrombosis, thus improving the efficiency of dialysis. This study would provide some guidance for
optimizing catheter structures and help toward the commercialization of more efficient HD catheters.

Keywords: hemodynamic; geometric features; side holes; catheter; shear stress

1. Introduction

More than 1 million patients die each year worldwide due to ESRD (end-stage renal
disease), and up to 1.7 million patients with acute kidney injury die due to lack of access to
effective treatment, 85% of which deaths occur in developing countries [1]. Hemodialysis
is one of the kidney replacement methods for the treatment of ESRD [2]. For dialysis
treatment, building an ideal vascular pathway is the primary preparation before treatment,
and it is also a necessary condition to successfully achieve the treatment effect [3]. In the
United States, approximately 80% of patients began hemodialysis with a catheter in 2011 [4].
In China, more than 100,000 hemodialysis patients need to have a double-lumen catheter
fitted at least once (temporary or long-term) for dialysis treatment [5].

Despite hemodialysis (HD) catheters being widely used and despite the low cost of
their placement and replacement, they have certain defects, such as being associated with
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high rates of thrombosis, infection, and dysfunction [6]. Catheter materials have signifi-
cant impacts on the prevention of catheter-related infection and the life of hemodialysis
catheters. The ideal catheter material would be biocompatible, hemocompatible, biostable,
chemically neutral, stable, and deformable in accordance with environmental forces [7].
Traditional biomaterials include polyurethane and silicone. Through advances in mate-
rials technology, there has been a transition to the use of polyurethane or carbon ethane
(polyurethane/polycarbonate copolymer), which have better catheter strength and flex-
ibility while maintaining larger internal diameters. The properties of the material used
determine the mechanical properties of a catheter to some extent, while the surface coating
on the catheter material is related to the biocompatibility and anticoagulation properties of
the catheter. In addition, the design of catheters is also closely related to blood recirculation
and thrombus formation [8].

In recent years, studies on catheter design have investigated the design of the lumen,
the distal tip, and the side holes, along with hemodynamic performance by means of CFD,
animal, or in vitro experiments [9]. For example, Ling et al. [10] compared the clinical
and rheologic outcomes of HD catheters with step, split, or symmetrical tips in patients;
Vesely et al. [6] found that symmetric-tip and step-tip designs had the advantage of more
stable fluid flow patterns and lower recirculation rates compared to split-tip designs in a
model simulating hemodialysis treatment; Ogawa et al. [11] observed and evaluated the
recirculation and fluid characteristics of the catheter tips for three catheters with different
tip shapes; Tal et al. [12] compared catheters with or without side holes by performing an
analysis of flow rates, infection rates, and survival rates; Owen et al. [13] investigated the
impact of different side-hole configurations on a symmetrical-tip catheter by evaluating the
local hemodynamics and catheter performance through CFD. The above studies focused
on hemodynamic analyses of the existing products and models, and only a few studies
have put forward new ideas about catheter design to improve hemodynamic performance.
For instance, Cho et al. [8] put forward three new HD catheter designs and compared the
effects of the catheters’ side holes and distal tips on hemodynamic factors with those of
existing catheters, using CFD and in vitro methods, while Clark et al. [14] compared a new
dialysis catheter (VectorFlow) with a Palindrome catheter in terms of shear stress, RT, PLI,
and recirculation rate using the CFD method and a bench model of hemodialysis.

In the present study, the comparative analysis of new designs for catheter lumens and
patterns of catheter side holes was the research focus. Through structural improvements
based on the commercial GDK catheter (Gambro, Stockholm, Sweden), five newly designed
catheter models are put forward, the CFD method and in vitro experiments having been
used to study the effects of design parameters. The problems affecting catheter perfor-
mance include platelet activation [15], flow stagnation regions [16], and the recirculation of
dialyzed blood [17]. Platelet activation and aggregation are related to elevated regions of
shear stress and prolonged blood transit time [18]. The higher the values of shear stress, PLI
and RT lead to higher probabilities of thrombosis. Lower recirculation of dialyzed blood
affects dialysis efficiency. Therefore, the variations in lumen diameter and the different
geometric features of the side holes were assessed among these six types of catheters by
comparing the values for flow rate, shear stress, RT, and PLI of inflowing blood at the tip of
catheter along with the recirculation rates of these 3D-printed catheters to spot possible
design issues.

This study could help achieve catheter designs with more optimized structures, longer
life, and higher dialysis efficiencies. The results could ultimately lead to better-performing
catheters to improve the life cycle of patients with kidney disease.

2. Methods

Six catheter models were simulated by the finite element method through three-
dimensional modeling, meshing, and numerical simulation, and their hemodynamic pa-
rameters, such as flow rate, shear stress, RT, and PLI, were obtained. Then, these catheter
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models were 3D-printed with polycarbonate PC, and their recirculation rates were tested
by dye tracing in in vitro experiments.

2.1. Geometry of Hemodialysis Catheters

The GDK catheter, as shown in Figure 1, has a symmetric design; the inner diameter is
2.6 mm and the outer is 3.6 mm, and the thickness of the board which separates the arterial
and venous lumens is 0.5 mm. The three circular side holes with a vertical distribution and
the distal tips with nozzle shapes are located on the venous lumen. Five circular side holes
for the inflow are located on the venous lumen. All these circular side holes’ diameters are
2 mm.

 

Figure 1. The GDK catheter.

Keeping other structural elements unchanged, the outer diameters of the GDK catheter
were expanded from 3.6 mm to 4.3 mm (GDK1) and 5.5 mm (GDK2, 3, 4, and 5), as shown
in Figure 2, so the inner diameter was changed to 3.3 mm (GDK1) and 4.5 mm (GDK2, 3, 4,
and 5). For GDK1 and GDK2, the distributions of side holes were kept the same as those
for the GDK catheter to investigate the effects of the internal cavity on the flow pattern.
In GDK3, the shape of the side holes was changed to oval, but the hole area was kept the
same to compare the effects of the shapes of the side holes. For GDK4, the area of the side
holes was enlarged from 3.14 mm2 to 6.28 mm2 to observe the effect of the area of the side
holes on the flow. The side holes of the venous lumen were named side-hole1, side-hole2,
and side-hole3, according to the distance from the tip. For GDK5, the distribution of the
side holes was changed from linear to a parallel dual-hole pattern.

Figure 2. The side holes in the lumens of different configurations of GDK catheters.
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In the model domain, the 3D model of the superior vena cava (SVC) and the catheter is
shown in Figure 3. The SVC was considered to be a cylinder with a diameter of 20 mm. In
order to eliminate the impact of unrelated variables on performance, the lengths of the SVC
and each catheter were set to 340 mm and 200 mm, respectively, and the distance between
the distal tip of each catheter and the SVC was fixed to 100 mm so that the blood inflows to
the catheters were fully normalized and no outlet effects occurred.

 

Figure 3. The 3D model of the SVC and the catheter.

In the SVC fluid domain, a cylindrical cavity with a length of 20 mm and the same
diameter as the outer diameter of the catheter was dug out at the front end of the root
catheter, thus imposing a boundary condition. In order to better compare inflow parameters,
a cuboid ‘tip volume’ was defined at the tip of the venous lumen for each catheter. Its
width and height were equal to the outer diameter and radius of each catheter, respectively,
such that it included the entire inflow lumen. In order to focus on the flow characteristics
of the different catheters, the tip volume extended from the most distal point of the catheter
up to 50 mm, where the flow velocity would become stable and fully developed and there
would be no further flow interference.

All geometries were created using Solidworks software (Dassault System SolidWorks,
Concord, MA, USA) and exported into Fluent Meshing software (Fluent Inc., Lebanon,
NH, USA).

2.2. Mesh of Hemodialysis Catheters

The grid consisted of a mixture of tetrahedral and hexahedral grids, the number
of which depended on the geometry of the catheter, and an encrypted grid at the ‘tip
volume’ and side holes. In order to obtain the best calculation time, the grid was verified
independently. Table 1 shows the maximum velocity and the average shear stress at the
tip volume of the GDK with different numbers of grids, resulting in a grid consisting
of 320,187 cells, which were mainly tetrahedral, and the inner and outer lumens of the
catheters were distributed to 6 boundary layers. A cross-section of the grid is shown in
Figure 4.

Table 1. Various grid numbers and test results for independent tests.

Number of Grids Maximum Velocity (m/s) Average Shear Stress (1/s)

94,048 1.65 2.22
220,826 1.83 2.88
320,187 1.78 3.19
420,186 1.78 3.19
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Figure 4. Cross section of grid.

2.3. Governing Equations and Boundary Conditions

The fluid relevant here is blood, which is identified as an incompressible, uniform, non-
Newtonian fluid [19], the viscosity of which varies with the shear rate. In previous studies,
incompressible Newtonian fluid models were established as the working fluids; this study
considered the change in shear rate occurring during inflow and used an asymptotic shear-
thinning Carreau model [20], which was defined using the shear rate of Equation (1) and
defined by Equation (2).

.
γ =

√
2 × Dij·Dij (1)

where
.
γ is the shear rate and D is the strain rate tensor, with i, j = 1, 2, 3 as the inner projects.

μ = μ∞ + (μ∞ + μ0)
[
1 +
(
λ

.
γ
)2
] n−1

2 . (2)

where μ is the viscosity of blood and μ∞ = 0.0345 Pa.s, n = 0.25, μ0 = 0.025 Pa.s, and λ = 25 s.
Boundary conditions: The SVC inlet was set to a 0.3 m/s velocity inlet, and the outlet

was a pressure outlet, the gauge pressure of which was zero. The surfaces of the catheter
and SVC were set as the wall without slip condition, and the inlet and outlet of the catheter
were set as a mass flow inlet and mass flow outlet of 400 mL/min, respectively [21].

The platelet lysis index (PLI) (Equation (3)) was calculated to evaluate the possible
damage occurring to the platelets. This index was first applied to the heart valve pros-
theses [22] and is widely used to evaluate the risk of platelet-activated aggregation and
thrombosis in previous studies [14].

PLI = 3.66 · 10−6 · tp0.77 · τp3.075. (3)

where tp is the residence time of the platelet and τp is the shear stress acting on the platelet.
For the GDK catheter, side holes away from the tip were taken as the calculation path.

Each path flowed into the Poiseuillean flow zone from the side hole of the catheter and
through the disturbance zone. The shear stress, velocity, and retention time were outputted
at each point the path passed through, and the PLI was calculated at each step (0.5 μm).

Solution settings: The ANSYS Fluent COUPLED solver was used to solve the fluid
numerically. The flow in the catheter was similar to that in other catheter studies [23,24],
assuming laminar flow. The mass continuity residual magnitude was less than 10−6, and
the combined flow rate of the tip and the side hole was equal to 400 ± 1 mL/min, these
values being used to assess convergence.

2.4. In Vitro Experiment for Recirculation

The recirculation test bench for the dye tracing experiment is shown in Figure 5. The
device simulates the superior vena cava mainly by a plexiglass tube (diameter 20 mm,
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length 500 mm). A steady flow is maintained in the plexiglass tube by connecting it to
a peristaltic pump at the upper and lower adapters. The catheter gland can be adjusted
to ensure that catheters with different external diameters are inserted into the plexiglass
tube. The catheter gland is connected vertically to the catheter with a silicone rubber seal
to achieve a complete seal inside the vessel.

 

Figure 5. Recirculation test bench for the dye tracing experiment.

According to decreasing order of thrombus formation, the catheter materials used were
polyvinyl chloride, polyethylene, polyurethane, and silica gel. Silicone or polyethylene
carbamate catheters are to be preferred because of their high smoothness, strong adhesion
to resist fibers and pathogens, good histocompatibility, small vascular stimulation, lower
chance of thrombosis, and reduced chances of infection and intravascular injury [25]. The
six catheters were printed with polycarbonate PC material using 3D printing technology
to verify the recirculation rates. A 3D print of the GDK catheter is shown in Figure 6.
Polycarbonate PC is widely used in artificial kidney hemodialysis equipment and other
medical equipment that needs to be operated under transparent, intuitive conditions and
requires repeated sterilization.

 

Figure 6. A 3D print of the GDK catheter.

The overall flow rate of the device is controlled by three dual-channel peristaltic
pumps, as shown in Figure 7. The Rombauer BT100 peristaltic pump is connected to the
arteriovenous lumen with a maximum flow rate of 570 mL/min, pumping fluid from
Reservoir 3 into the glass column at a rate of 400 mL/min through the venous lumen
of the hemodialysis catheter. Fluid is drawn from the glass column through the arterial
lumen at 400 mL/min and then outputted to Reservoir 4. The BT-CA JIHPUMP BT-600CA
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peristaltic pump was used to maintain fluid flow through the glass column at 2400 mL/min
to simulate the flow of blood from the superior vena cava. In practice, surgeons would
resolve a catheter malfunction by reversing the direction of blood flow in the arterial and
venous lumens [26]. In the experiment, the peristaltic direction of BT-100 was reversed, and
the fluid from Reservoir 4 passed through the arterial lumen into the plexiglass tube at a flow
rate of 400 mL/min, while the fluid from Reservoir 3 was withdrawn from the venous lumen
at a flow rate of 400 mL/min to realize the reverse connection of the dialysis catheter.

 

Figure 7. Schematic diagram of the dye tracing device (forward).

Recirculation in the catheter means that when the dialyzed blood passes through the
venous lumen and returns to the body’s superior vena cava to be withdrawn again by the
arterial lumen the blood gets dialyzed again, which reduces the efficiency of hemodialy-
sis [17].

Taking the forward connection as an example, we first ran the BT600-CA peristaltic
pump to maintain a flow rate of 2400 mL/min in the Plexiglass tube, then simultaneously
started the BT100 peristaltic pump to inject the dye liquid at a concentration of 1% into
Reservoir 3, which flowed into the venous lumen. After a one-minute test, 50 mL samples
were extracted from Reservoir 4. When the absorbance coefficient and the optical path of
the dye solution are unchanged, the absorbance of the dye solution is proportional to the
concentration of the dye solution [27], and the concentration of red dye in the fluid in the
arterial lumen was measured using a UV–Visible spectrophotometer. After the completion
of each experiment, the pump channel was connected to a peristaltic pump and pure water
was used to discharge the dye reagents in the pump channel so as to avoid the impact of
residual dye reagents and errors in subsequent experiments. Each experiment was repeated
five times, and the average values and standard errors of the means (SEMs) were calculated
to improve the accuracy of the experimental data. The recirculation rate (RR) values were
calculated as shown in Equation (4).

RR(%) =
Qa × Ca

Qv × Cv
× 100 (4)

where Qa and Qv are the flow rates of the arterial lumen and the venous lumen in the
catheter, respectively, and Cv and Ca are the concentrations of the dye from the venous
lumen and arterial lumen, respectively. In order to determine statistical significance, the
non-parametric Kruskal–Wallis test was used, with P < 0.05, to compare the recirculation of
the different catheters.
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3. Results

3.1. Analysis of Flow Rate

Blood, after dialysis, flows out from the distal tip and the side holes in the venous
lumen. The function of the side holes is to reduce flow velocity at the distal tip of the
catheter (Qtip), leading to a lower recirculation rate.

The flow rates of the side holes and the distal tip in the venous lumen of the GDK,
GDK1, GDK2, and GDK3 catheters are shown in Table 2, which also presents the percentage
of flow rates through side holes/distal tips based on total flow for these catheters.

Table 2. The flow rate through the distal tip and side holes in the venous lumen.

Qside-hole1

(mL/min)
Qside-hole2

(mL/min)
Qside-hole3

(mL/min)

Qside (mL/min)/
Percentage of Flow Rate

through Side Holes

Qtip (mL/min)/
Percentage of Flow Rate

through Distal Tip

GDK 89.71 38.74 14.57 143.02 (35.76%) 257.14 (64.28%)
GDK1 89.83 77.41 58.54 225.78 (56.44%) 173.98 (43.49%)
GDK2 74.14 72.34 62.29 208.77 (52.19%) 191.2 (47.8%)
GDK3 135.66 80.57 44.57 260.8 (65.2%) 139.08 (34.77%)

The flow rate of the side holes decreased with the distance of the side holes from
the tip. In the case of the GDK catheter, the flow rate of side-hole1 near the distal tip
was 89.71 mL/min, while those of side-hole2 and 3, away from the distal tip, were 38.74
and 14.57 mL/min, respectively. Similar trends were also seen for other catheters (GDK1,
GDK2, and GDK3). When the outer diameter of the catheter was increased from 3.6 mm
(GDK) to 4.3 mm (GDK1), the flow rate of the distal tip decreased from 257.14 mL/min to
173.98 mL/min, and the total flow of these side holes (Qside) increased from 143.02 mL/min
to 225.78 mL/min. The Qtip’s proportion of total flow decreased from 64.28% to 43.49%,
thereby increasing the cross-sectional areas of the inner cavity, which proved to be effective
for improving the flow distribution in the catheter.

When the outer diameter was 5.5 mm, the Qtip in GDK2 increased to 47.8%. When the
side holes were changed from being circular-shaped with an area of 3.14 mm2 (GDK2) to
oval-shaped with an area of 6.28 mm2 (GDK3), the flow rate of the distal tip decreased from
191.2 mL/min to 139.1 mL/min, and the Qtip’s proportion of total flow decreased from
47.8% to 34.77%. The flow rate of these side holes (Qside) increased from 208.8 mL/min to
260.9 mL/min. This indicates that the flow from the distal tip in the venous lumen can
be varied by modifying the shape and area of the side holes, changing the flow through
it. This suggests that larger outside diameters and oval side holes with larger areas on the
venous lumen are all effective ways to improve the flow configuration in the catheter.

Although the arrangements are similar for GDK2 and GDK3, there are large differences
in the flow distributions of each side hole. The flow rates for GDK2 with circular-shaped
side holes along the distance to the tip were 188.1 mL/min, 109.71 mL/min, 61.7 mL/min,
27.65 mL/min, and 12.11 mL/min, respectively, from the far to near ends; the first two side
holes took 74.4% of dialysis blood flow inlet in the arterial lumen. For GDK3, the values of
flow rate for each side hole were changed to 194.5 mL/min, 112.1 mL/min, 59.66 mL/min,
24.85 mL/min, and 8.8 mL/min, respectively, because of the changes in the shape of the
side holes. The hole flow distribution of the GDK4 catheter was changed further by the
increased lateral hole area; the flow rate of two oval-shaped side holes away from the tip
reached 95.4% of the total inlet flow. When the arrangement of the side holes was changed
to parallel dual holes, both side holes would split inlet flow, as shown in Figure 8d; the
flow rates for each side were about 200 mL/min in the arterial lumen.
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Figure 8. Flow distribution of side holes in the arterial lumen for GDK2 (a), GDK3 (b), GDK4 (c), and
GDK5 (d).

The catheters with parallel side holes had lower flow rates than that with linear multi-side
holes because of the flow being split evenly across each hole. It can be concluded that the
structure of the side holes has an important effect on the flow distribution of the catheter.

3.2. Analysis of Shear Stress

The flow of blood through the catheter is considered laminar [28]. It is believed that
shear stresses over 10 pa would cause damage to platelets and lead to thrombosis [29].
So, the maximum flow rate, the average shear stress, and the proportion of the area of
shear stress over 10 Pa were determined from the tip volume of each of the six catheters (as
shown in Table 3) to quantitatively assess hemodynamic performance.

Table 3. The maximum flow velocity and average shear stress values at the tip volume for each of the
six catheters.

Max Velocity
(m/s)

Average Shear Stress
(Pa)

Percentage of Shear
Stress > 10 Pa

GDK 5.14 13.6 22.6%
GDK1 3.18 11.0 27.4%
GDK2 1.71 3.43 12.8%
GDK3 1.81 3.15 12.2%
GDK4 1.78 3.19 12.6%
GDK5 1.72 3.16 12.5%

It is shown that the percentage of shear stress regions > 10 Pa was 22.6% and that the
maximum flow velocity was 5.14 m/s while the average shear stress was 13.6 pa at the tip
volume of the commercial GDK catheter. When the outer diameter of the GDK catheter
was enlarged from 3.6 mm (GDK) to 4.3 mm (GDK1), the percentage of regions where the

71



J. Funct. Biomater. 2022, 13, 236

shear stress at the tip volume exceeded 10 Pa in the arterial lumen increased to 27.4%, and
the average shear stress decreased to 11 pa, with little change in the shear stress level.

When the outer diameter was 5.5 mm (GDK2), the shear stress at the tip volume in the
arterial lumen changed significantly, with average shear stress decreasing from 11 pa to
3.43 pa, and the shear stress region > 10 pa also decreased to 12.8%. It was presumed that
increasing the outer diameter would reduce the shear stress in the tip volume of the arterial
lumen. The catheters (GDK2, GDK3, GDK4, and GDK5) with 5.5 mm outer diameters were
all associated with similar levels of mean shear stress and percentage shear stress > 10 Pa.

When the area of the side holes in the arterial lumen was kept the same and the shape
was changed from circular to oval, the shear stress level in the tip volume was changed, and
the average shear stress in GDK3 with oval-shaped side holes was a little smaller than that
in GDK2 with circular-shaped holes (3.15 pa < 3.43 pa), while, when the shape of the oval-
shaped side holes was kept unchanged and the area was enlarged from 3.14 mm2 (GDK3)
to 6.28 mm2 (GDK4), the average shear stress became slightly larger (3.15 pa < 3.19 pa) and
the percentage of shear stress > 10 Pa at the tip volume for these catheters maintained
similar levels (12.8%, 12.2%, and 12.6%). This indicates that when considering the variation
in the shape and area of side holes acting on the level of shear stress at the tip volume of the
catheter arterial lumen, oval-shaped side holes with smaller areas have a positive impact
on reducing platelet activation as well as the risk of blood damage.

The GDK5 catheter at the tip volume was associated with lower average shear stress
(3.16 Pa) compared with that of the GDK4 catheter, at 3.19 Pa. Since the flow rate of each
side hole was so different, the average shear stress of the GDK4 catheter with linear multi-
side holes was a little higher than that with the parallel double side-hole structure, which
also reduced the maximum velocity at the tip volume from 1.78 m/s to 1.72 m/s.

3.3. Analysis of PLI

PLI, as a weighting of platelet models experiencing high shear stress and residence
time, can reflect the activation state of platelets to assess the merit of catheter tip design.
The values for the average residence time (RT), PLI, average shear stress, and percentage of
shear stress >10 Pa at the tip volume of the six catheters are presented in Table 4.

Table 4. The values for average RT, PLI, average shear stress, and percentage shear stress > 10 Pa at
the tip volume of the six catheters.

Average RT (s) PLI
Average Shear

Stress (Pa)
Percentage Shear

Stress > 10 Pa

GDK 0.008 0.9225 23.107 66.05
GDK1 0.01317 0.173 13.684 45.71
GDK2 0.0304 0.0326 5.867 14.60
GDK3 0.0179 0.0253 5.81 14.3
GDK4 0.0308 0.0174 5.388 13.00
GDK5 0.0409 0.0124 5.386 12.98

Shear stress and retention time need to be comprehensively considered to analyze
the effects of lumen diameter on catheter function. The PLI of the GDK2 catheter with an
outer diameter of 5.5 mm is 3.5% of that of the catheter with an outer diameter of 3.6 mm
(GDK); it can be observed that the outer diameter is positively correlated with the average
residence time of the platelet model, while it is negatively correlated with the mean shear
stress and PLI values.

In contrast to the circular-shaped side holes, the PLI value for the oval-shaped side
holes was reduced from 0.0326 (GDK2) to 0.0253 (GDK3) and the average shear stress was
also reduced from 5.867 Pa to 5.81 Pa. The changes in these values indicated that the change
of side-hole shape would slightly reduce the average shear stress acting on the platelets
and PLI, but reduce average residence time in the tip volume in these two catheters.
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As shown in Table 4, low PLI was seen with the GDK4 (PLI = 0.0174) and GDK5
(PLI = 0.0124) catheters. GDK5 with parallel dual-side holes experienced slightly longer
residence times (0.0409) than the design with linear multi-side holes but had a slightly
lower PLI because of a small reduction in high shear stress regions > 10 Pa. It is also clear
that the arterial lumen with parallel dual oval-shaped side holes is the most reasonable
design and has the lowest PLI and average shear stress values.

Although a large amount of blood is delivered to the downstream region of the lumen,
there is still blood circulating in the lumen due to an insufficient pressure gradient, which
contributes to the maximum retention time, and the blood circulating in the lumen is also
a trigger for thrombosis. The platelet inflows for the GDK2, GDK3, GDK4, and GDK5
catheters are visualized in Figure 6.

It can be seen from Figure 9a,b, with the same arrangement of side holes and side-hole
areas, that the flow characteristics of the GDK3 catheter are better than those of GDK2 and
that the average RT of the catheter with oval-shaped side holes is lower than that with
circular-shaped holes (0.0253 m/s < 0.0326 m/s). This is due to the fact that, with the linear
arrangement of side holes, the inflow from the second side hole is obstructed as it flows
down the lumen by the inflow from the first side hole. When the shape of the side holes
was changed from circular to oval, the blocking effect was reduced, and the flow from the
second side hole entered the lumen downstream more quickly, so that, regarding the shape
of the side holes in the arterial lumen, oval-shaped side holes have the effect of reducing
the RT of blood compared to circular-shaped ones and reduce the risk of thrombosis. As
shown in Figure 8b,c, because the areas of the side holes in the GDK4 catheter are larger
than those in the GDK3, the pressure gradient in the GDK4 is not sufficient to allow all
the blood to enter the downstream region of the lumen, resulting in the circulation of
blood at the entrance to the catheter upstream of the lumen, thus making the average RT
of the GDK4 catheter larger than that of the GDK3 catheter (0.0308 m/s > 0.0179 m/s).
The GDK5 catheter with a parallel dual side-hole arrangement had theoretically lower
average RT values than the linear side-hole design, as the inflow was split equally, allowing
undisturbed inflow from both holes. However, because of the obvious area of blood self-
circulation upstream of the arterial lumen, as can be seen in Figure 9d, which makes the
blood turbulent and stagnant in the lumen, the average RT of the GDK5 catheter was larger
than that of the GDK4 (0.0409 m/s > 0.0308 m/s).

The recirculation rates for the GDK catheter after structural changes were obtained by
a dye tracing experiment. The catheter was connected forward and backward to evaluate
the change in catheter dialysis efficiency with different connection methods. The reverse
connection is the reversal of the direction of blood flow in the arteriovenous lumen in
order to eliminate a thrombus. Each experiment was repeated five times, and the averages
and standard errors of the mean values (SEM) were calculated to improve the accuracy of
the experimental data. The results of the dye tracing experiment, as shown in Figure 10,
indicated that the RRs of GDK, GDK1, and GDK2, which worked with forward and reverse
usage, were 0.68 ± 0.28%, 4.69 ± 1.41%, 0.72 ± 0.24%, 5.09 ± 1.23%, 0.46 ± 0.26%, and
4.2 ± 1.14%, respectively; those of the dye tracing experiments showed that the values of
RR for GDK3, GDK4, and GDK5, which worked with forward and reverse usage, were
0.26 ± 0.14%, 3.23 ± 0.96%, 0.86 ± 0.27%, 6.64% ± 1.27%, 0.33% ± 0.12%, and 2.86 ± 0.50%,
respectively. The recirculation rates of the catheters with the reverse connection between
the forward connection were statistically significant (p < 0.05, Kruskal–Wallis test). The
recirculation rates of GDK5 with the reverse connection were statistically significant with
respect to all catheters except GDK3 with the reverse connection. The method of connection
and the distribution of the side holes play important roles in recirculation in catheters.
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Figure 9. Residence time of platelets in the arterial lumen for GDK2 (a), GDK3 (b), GDK4 (c), and
GDK5 (d).

 

Figure 10. Forward and reverse recirculation rates for the six catheters. The blue columns show RRs
(%) for the forward connection and the orange columns show RRs (%) for the reverse connection. The
error bars are for RR values (%).

As can be seen from the experiment, all six catheters showed that the recirculation
rate of the reverse connection was higher than that of the forward connection. The GDK3
catheter had the lowest recirculation rate for the forward connection, the GDK5 catheter
had the lowest recirculation rate for the reverse connection, the GDK5 arterial lumen with
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double side holes had a lower recirculation rate compared to the other ones, and the GDK4
catheter exhibited the highest recirculation rate for the forward and reverse connections.

4. Discussion

With the continuous development of science and technology, new technologies, new
materials, and new structures have been introduced, and new developments in materials,
surface coatings, and structures have been introduced in clinical treatment. Catheter
material is an important determinant in the prevention of catheter-related infection [7] and
usually consists of high polymers (usually polyurethane or silicone). Catheter structural
considerations mainly relate to the structure of the lumen, side hole, and tip.

In this study, we took the GDK catheter as a prototype, which has a symmetric tip with
the same length as the arterial and venous lumens [9]. The flow characteristics of five types
of new HDs, designated based on the GDK catheter were evaluated with CFD and in vitro
experiments to investigate the effects of the outer diameter of the catheter, the geometry,
and the arrangement of side holes on catheter hemodynamics. The results showed that the
catheter with an outside diameter of 5.5 mm and parallel double oval-shaped side holes
achieved relatively low shear stress levels and recirculation rates. These results would help
catheter structural optimization design in the future, which aims to decrease the risk of
dialysis treatment interruption caused by catheter-related infections and insufficient flow
and reduce the economic burden and increase the life cycle of patients with kidney disease.

For the commercial GDK catheter, dialysis blood mainly flows out from the distal
tip, up to 64.8% of total flow, and the flow rate of the side holes could not be kept high
enough to prevent recirculation. Increasing the flow of side holes and decreasing the flow
of distal tips helps to reduce the recirculation rate of the catheter and improve dialysis
efficiency in symmetric-tip catheters [8]. In the study, two methods were put forward
to optimize catheter structure: one is to enlarge the lumen of the catheter, and the other
is to change the geometric features of the side holes. The results showed that when the
outside diameter of the GDK catheter was enlarged to 5.5 mm and the side-hole shape was
oval with a larger area a greater outlet flow through the side holes and a high flow-rate
region located in the tip volume would achieve a lower rate of catheter recirculation. The
experiments also verified that the GDK3 catheter connection had the lowest recirculation
rate. These findings are consistent with those of Cho et al. (2021), who found that larger
side holes and a nozzle-shaped distal tip could reduce the flow rate and high shear stress
region and improve catheter effectiveness, while Mareels et al. [15] found that the side
holes helped reduce shear stress and RT. Shear stress as a risk factor for platelet activation
leads to thrombosis. A threshold of 10 Pa of shear stress for platelet activation has been
identified, and areas of flow stagnation or recirculation can induce platelet aggregation.
It is necessary for HD catheters to reduce blood recirculation and shear stress to ensure
performance [6]. For the arterial lumen, it was found that as the outer diameter of the
catheter increases, the flow rate of dialysis blood within the catheter decreases, the blood RT
increases, the shear stress level in the tip volume decreases, and the PLI decreases further.
Therefore, for the design of a catheter, although a larger outer diameter may cause a certain
degree of increase in blood RT, due to the reduced level of shear stress in the arterial lumen,
increasing the outer diameter would help to reduce the probability of thrombosis and thus
increase catheter life.

Side hole design has been a controversial issue. The number and size of side holes play
an important role in blood recirculation [24]. Multiple side holes are used in the arterial
lumen design for the GDK catheter so that when the side holes of the arterial lumen are
blocked by a generated thrombus during the dialysis process, the remaining side holes
can be used as a backup entrance to continue the dialysis process. However, in the study,
the flow rate of the side holes increased, as the side holes were positioned away from the
tip, and the two side holes far from the tip took up as much as 74.4% of the flow rate. As
shown in Figure 8, the side holes far from the distal tip were more associated with increased
turbulence and subsequent intra-luminal thrombosis [30], so these side holes cannot be
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used as backup inlets to ensure the normal operation of dialysis after thrombus formation.
Therefore, this structure has to be optimized to parallel dual side holes (GDK5) to keep
each side hole in the arterial lumen serving as a means of blood suction. It was found that
both side holes were assumed to be taken as the blood inlet end, and the flow was evenly
divided, which indicated that the parallel dual side holes served to equalize the flow; when
one side hole was clogged by a thrombus, the other side hole could continue to provide
suction to reduce catheter malfunction. In this study, changing the side holes in the arterial
lumen from circular to oval further improved the hemodynamics of the catheter. The large
size of the side holes was advantageous, such that GDK4, with oval-shaped side holes,
had a better performance, and the oval-shaped side holes as means of inflow allowed for a
slow flow of blood into the catheter, indicating that these oval-shaped side holes are more
suitable for long-term use compared to circular-shaped ones.

Since the side holes are mostly boreholes with rough walls, the more side holes there
are, the more thrombi are generated at the surface of the side holes, which block the catheter
in the inner lumen, leading to lower blood performance and shorter dialysis lifespan [31].
The GDK catheter is based on the idea that when blood flow is blocked by thrombus
generation in the side holes, more side holes represent more alternate entrances to reduce
catheter power loss. In contrast, the design of parallel side holes in the arterial lumen is
superior to the original GDK catheter design because blood is evenly distributed and flows
do not affect each other, such that dialysis function is not affected when one side hole is
blocked due to thrombosis.

Blood recirculation after dialysis is prone to occur in the presence of reverse connec-
tions, thus affecting catheter dialysis efficiency. In this paper, the recirculation rates of
different catheters were measured by dye tracing experiments. The variation of recircula-
tion depends on the area, geometry, and arrangement of side holes. Most recirculation in
dialysis catheters occurs at the distal tip, so it is necessary to reduce the flow rate at the
distal tip and increase the proportion of flow through the side holes to reduce recirculation.
Through dye tracing experiments, we found that the area of side holes has a certain effect
on the recirculation rate and that the GDK4 catheter has a higher forward and reverse
recirculation rate than the other catheters, which is due to the fact that the blood after
dialysis does not enter into the main circulation but flows from the venous lumen and
enters again from the arterial lumen and the purified blood is dialyzed twice, thus reducing
the efficiency of hemodialysis.

The arrangement of the side holes has an effect on the recirculation rate of the catheter,
and in the experiment catheters with parallel dual side-hole arrangements exhibited lower
recirculation rates in both forward and reverse connections. Therefore, in the future commer-
cialization of dialysis catheters, the parallel dual side-hole structure can be a new direction for
structural optimization. These improvements would improve hemodialysis efficiency and
thus reduce the economic and physical burden of patients with chronic renal failure.

There are several limitations to the study. The first is the that the study only focused
on a single manufacturer’s catheter; the design and analysis of the other five new catheter
models were based on commercial GDK catheters. Another limitation of this study is that
in vitro experiments do not allow for the complete evaluation of catheter function, such
that experiments with animals should be required in future studies.

5. Conclusions

Optimal catheter design is an urgent need for patients with nephropathy and its
ultimate goal is to reduce the failure of dialysis treatment due to unreasonable catheter
structure. In this study, we analyzed the design of HD catheters, including changes to
diameters and side holes based on the GDK catheter, in order to evaluate their effects on
hemodynamic factors, such as flow rate, shear stress, PLI, RT, and RR, through numerical
simulation and in vitro experiments. The results indicated that larger outer diameters
and oval-shaped side holes can reduce average shear stress in the arterial lumen and that
oval-shaped side holes are effective for reducing RRs. The parallel dual side-hole structures
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have uniformly distributed side hole flow and the combination of a 5.5 mm diameter and
parallel dual oval shapes for side holes exhibited better hemodynamic properties, thus
providing better performance than the existing models.
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Abstract: Mechanical properties of the arterial walls could provide meaningful information for the
diagnosis, management and treatment of cardiovascular diseases. Classically, various experimental
approaches were conducted on dissected arterial tissues to obtain their stress–stretch relationship,
which has limited value clinically. Therefore, there is a pressing need to obtain biomechanical
behaviors of these vascular tissues in vivo for personalized treatment. This paper reviews the methods
to quantify arterial mechanical properties in vivo. Among these methods, we emphasize a novel
approach using image-based finite element models to iteratively determine the material properties of
the arterial tissues. This approach has been successfully applied to arterial walls in various vascular
beds. The mechanical properties obtained from the in vivo approach were compared to those from
ex vivo experimental studies to investigate whether any discrepancy in material properties exists
for both approaches. Arterial tissue stiffness values from in vivo studies generally were in the same
magnitude as those from ex vivo studies, but with lower average values. Some methodological issues,
including solution uniqueness and robustness; method validation; and model assumptions and
limitations were discussed. Clinical applications of this approach were also addressed to highlight
their potential in translation from research tools to cardiovascular disease management.

Keywords: finite element updating approach; arterial material properties; in vivo; material
parameters estimation

1. Introduction

Mechanical forces play a fundamental role in the initiation, development and final
critical clinical events of cardiovascular diseases (CVD) such as stroke and heart attack [1,2].
As diseases progress, biochemical compositions of cardiovascular tissues alter as well as
their mechanical properties [3,4]. Clinical observations have shown that elevated tissue
stiffness associated with pathology often represents an early warning sign of diseases, as
in atherosclerosis [4], heart failure [5] and even cancer diseases [3]. Therefore, accurate
determination of the mechanical properties of the arterial wall could provide meaningful
information for cardiovascular research in multifaceted ways: (a) estimating the material
stiffness of the vascular tissues to assess the severity of cardiovascular diseases such as
atherosclerosis [6]; (b) being an essential element of the computational models to simulate
biomechanical conditions for better understanding cardiovascular physiology and patho-
physiology such as stress-based aortic aneurysm rupture risk assessment [7]; (c) searching
for plausible substitutes with proper mechanical properties to replace diseased arterial
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segments, such as tissue engineering vascular grafts [8]; (d) predicting the mechanical
interactions between arteries and implanted devices for better treatment prognosis [9]; and
many other applications.

Great effort has been exerted to perform ex vivo experiments on human arterial walls
in health and disease, and important conclusions on their mechanical behaviors were
drawn [10–12]. Ex vivo experiments includes inflation-extension testing, indentation test-
ing, uniaxial extension and planar biaxial testing [13–15]. These experiments record the
deformation responses (stretch, strain, displacement or elongation) of the arterial tissues
corresponding to given loading conditions (stress, force or pressure). Several constitu-
tive models were proposed to fit these experimental stress–strain or stress–stretch ratio
data [11]. These theoretical and experimental analyses have deepened our understanding
on the elastic mechanical properties of vascular tissues. Early experimental studies on
healthy arteries showed that the stress–stretch ratio curve of the cardiovascular tissue was
typically in exponential form. Therefore, a Fung-type-material model was proposed to
describe the material properties for these tissues [10]. To study the mechanical properties
of diseased tissues, Holzapfel et al., examined atherosclerotic plaque tissues in the iliac
artery ex vivo using uniaxial testing [16]. Experimental data indicated that tissue properties
were highly nonlinear and anisotropic. An anisotropic Mooney–Rivlin material model was
introduced to describe the mechanical properties of atherosclerotic plaques [11]. Further-
more, layer-specific and component-specific material properties of carotid plaque were
also documented, and a large inter-specimen variation was reported [17]. Location-specific
material properties along the aortic segments were also systematically investigated, and
Peña et al., reported that the healthy aortic tissue became more anisotropic and stiffer as
the distance to the heart increased [18]. The experimental data collected from these ex
vivo studies are fundamental to formulating and testing the constitutive models. Excellent
reviews on these experimental methods could be found in the literature [13–15].

Even though considerable ex vivo experimental data have accumulated over the years,
they only provided biomechanical information of arterial diseases at one time-point, which
is very limited for clinical applications for two reasons: (a) ex vivo arterial tissues isolated
from the vascular tree might not represent the exact mechanical properties as in the living
subjects [19]; (b) characterization of patient-specific tissue material properties in vivo is
more suitable for monitoring arterial stiffness over the long term for disease management,
and predicting mechanical responses of the arteries when medical devices are implanted [6].
Therefore, there is a pressing need to characterize patient-specific tissue material properties
in vivo.

This review paper aims to review the studies to characterize subject-specific ar-
terial wall properties in vivo using a finite-element-model-based updating approach
(FEMBUA). Material properties of the aorta, carotid and coronary arteries determined
from the novel FEMBUA and classical ex vivo experimental methods were compared to
investigate whether any discrepancy in material properties exists for both approaches.
Section 2 will present other simple methods to characterize arterial tissue material proper-
ties in vivo other than the FEMBUA. The comprehensive framework of the FEMBUA and
its elaborate procedure will be detailed in Section 3. Section 4 will report the mechanical
properties of different arterial walls, including aorta, carotid and coronary, published in
in vivo studies, and their results will be further compared to those from ex vivo experimen-
tal studies. Section 5 will discuss some methodological issues with respect to the FEMBUA,
followed by the conclusion remarks and future directions in Section 6.

2. In Vivo Methods to Quantify Material Properties of Arterial Walls

Several in vivo methods were proposed to characterize subject-specific material prop-
erties of arterial walls in vivo or even in situ. The principle of these methods is to acquire
the arterial wall deformation and corresponding loading conditions from clinical data, and
link them to obtain the arterial material properties. Thanks to the considerable advances
in medical imaging technologies, dynamic vessel motion can be recorded in vivo via time-
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resolved imaging modalities, such as ultrasound (US), cine magnetic resonance imaging
(MRI), cine intravascular ultrasound (IVUS) and electrocardiogram (ECG)-gated computed
tomography (CT). Blood pressure conditions are also measured as the loading conditions
to drive the vessel to pulsating deformations. Simple and sophisticated methods were
proposed in the existing literature based on different assumptions.

Early in vivo studies of vessel material properties assumed that the arterial wall was a
straight thin-walled circular cylinder with linear elastic material properties, and its stiffness
could be estimated by Peterson’s modulus (denoted as Ep) using the formula [19,20]:

Ep = ΔP × d/Δd (1)

where d is the diameter, and ΔP and Δd are the differences in pressure and diameter at
diastole and systole, respectively. This method is very intuitive and provides a simple way
to measure arterial stiffness using pressure and strain data. However, a more rigorous
index for material stiffness is called Young’s modulus (E), which is the ratio of stress over
strain. Formula (1), together with Laplace’s law, is employed to calculate E as [21]:

E = ΔP × d2/2hΔd ( = d/2h × Ep) (2)

where h is the wall thickness.
Another simple and commonly used formula to estimate the Young’s modulus of the

arterial wall is the Moens–Korteweg equation, which relates the Young’s modulus of the
blood vessel with pulse wave velocity (PWV) from the heart to the peripheral vascular [20]:

PWV =
√

Eh/ρd (3)

where ρ is the density of the blood. More details on the derivation of the abovementioned
formulas can be found in [20]. These simple in vivo methods have already been applied
into clinical settings to assess the risk of cardiovascular diseases [22,23]. However, they
rely on strong assumptions without considering arterial thickness and geometry, non-
linear anisotropic elastic properties, tissue heterogeneity and location-specific material
property variations.

To obtain more sophisticated nonlinear anisotropic mechanical behavior of arterial
walls, an analytical approach was employed with constitutive models incorporated to
characterize their nonlinear stress–strain relationship by identifying the material parameters
in the constitutive models [24]. In this approach, material parameters of the constitutive
models could be determined as follows: (1) pressure and vessel deformation were measured
simultaneously from the individuals in clinical practice; (2) classical solid mechanics theory
was used to establish the relationship between vessel stress and pressure analytically to
obtain stress conditions using measured pressure conditions [24–26]; (3) parameter values
in selected constitutive models would be chosen to fit vessel stress and deformation data.
However, this approach treated the blood vessel as ideal circular geometry, and was based
on classical solid mechanics theory (like Laplace’s law) which excluded the discrepancy of
deformation in the arterial tissue. This simplification would lead to inaccurate calculations
of pressure estimation and stress/strain distributions in the arteries, and wipe out the
local stress concentration, which are closely related to atherosclerotic plaque rupture and
aneurysm rupture. To overcome this limitation, a finite-element-model-based updating
approach (FEMBUA) was introduced by several groups to quantify the complex mechanical
properties of patient-specific arterial tissues. The following section will introduce the
sophisticated framework of this approach.

3. Framework of Finite-Element-Model-Based Updating Approach

The in vivo quantification of mechanical properties of arterial tissues based on in vivo
medical images is intrinsically an inverse problem [27,28]. The steps of the FEMBUA to
solve the inverse problem are outlined below (Figure 1):
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Figure 1. Flowchart of finite-element-model-based updating method to identify the in vivo material
properties based on clinical data at diastolic and systolic phases using deformation as criterion.

Step 1, time-resolved in vivo medical image acquisition with tissue deformation under
dynamic loading conditions;

Step 2, image-based FEM to simulate the tissue deformation corresponding to in vivo
loading conditions with tissue material properties to be determined;

Step 3, constitutive parameter identification strategy to find the correct tissue material
properties so that tissue deformation in FEM would recover that on in vivo images. Full
descriptions of these steps are given in the following subsections.

3.1. Data Acquisition and Vessel/Tissue Motion Tracking

In Vivo Clinical Data Acquisition: To visualize the vascular deformation in vivo, time-
resolved imaging modality was employed to obtain a series of medical images to track
arterial deformation during one cardiac cycle. Table 1 summarizes some commonly used
imaging technologies to detect vessel motion for various arterial walls in the clinical setting.
More specifically, time-resolved 3D ultrasound (t+3D US) [29] and ECG-gated CT [30] were
used to track aortic tissue motion with acceptable image resolution. Cine-MRI [31] and
Cine-IVUS [32] were used to obtain carotid and coronary motion data, respectively. Besides
the image data, simultaneous loading conditions, such as on-site pulsating blood pressure
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waveform, were also acquired. Noninvasively measured arm cuff blood pressures were
obtained in some studies in lieu of on-site blood pressure to avoid invasive procedures [32].
Other loading information such as external compression force and active stress from smooth
muscle cells cannot be estimated in vivo. These forces were normally not considered in
FEM [26].

Table 1. Selected time-resolved image modalities to visualize human vascular motion and deforma-
tion in clinical setting. Abbreviations: Time-resolved 3D ultrasound (t+3D US); electrocardiogram
(ECG)-gated computed tomography (ECG-gated CT); cine magnetic resonance imaging (MRI); cine
intravascular ultrasound (IVUS).

Image
Modality

Temporal
Resolution

Spatial
Resolution

Artery
Strength and Weakness in

Arterial Wall Detection
Reference

t + 3D (4D) US ~10 frames/s ~0.5 mm Aorta

Cheap, fast and easy way to
detect arterial boundaries and
tissue compositions, but inter-
and intra-observer variability

in image interpretation;

[29,33]

ECG-gated CT ~10 frames/cardiac cycle ~0.5 mm Aorta

Superb calcified tissue
detection and lumen detection;

limited in detecting other
plaque compositions, such as

lipid and vessel wall;

[30,34,35]

Cine MRI ~50 frames/cardiac cycle ~0.6 mm Carotid

Detection of the whole
vascular cross-section with
superior soft-tissue contrast,

but long scanning time;

[31,36,37]

Cine IVUS ~30 frames/s 100 μm Coronary

High resolution and large
penetration depth for arterial

tissue detection, also can detect
arterial tissue compositions;

[32,38]

Vessel/Tissue Motion Tracking: Arteries deform under time-varying loading condi-
tions. One simple way to approximate the deformation is to calculate the changes in lumen
circumference, lumen area or lumen volume between two cardiac phases and consider it
as vessel deformation under two different pressure conditions. Typically, diastolic and
systolic phases were selected to quantify the deformation of the arterial wall, with the
diastolic phase often treated as the “reference” phase and systolic phase as the deformed
phase (see Figure 1). This way, we could quantify the average deformation of the arterial
wall by treating it as a homogeneous material. However, more sophisticated methods, such
as the speckle tracking algorithm [39] and digit image correlation [40], were introduced
to track regional tissue displacement by examining the cross-correlation of the speckle
patterns in the medical images from diastolic to systolic phases. The accuracy of these
algorithms has been validated in vivo and in vitro, with good agreements found [29]. More
details on the algorithms could be found in these excellent reviews [40,41]. Franquet
et al., also investigated vessel material properties with more cardiac phases taken into
consideration [37].

3.2. Image-Based Finite Element Models

In the FEMBUA, image-based finite element models (FEMs) are constructed to cal-
culate plaque stress/strain conditions, while the parameter values in those models are
determined iteratively so that model solutions can satisfy measured vessel/tissue defor-
mation conditions. The FEM models constructed to identify the material properties of the
arterial wall in the literature were mainly structure-only models to expedite the updating
approach detailed in Section 3.3. The essential elements to construct such a model contain
the following procedures:
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Arterial Wall Geometry Reconstruction: 3D US, CT, MRI and IVUS images can show
the cross-section of the arterial wall, and the images corresponding to the diastolic phase
were used to reconstruct the referenced geometry of the arterial wall [34,42,43]. For some
imaging modalities, some heterogeneous components (e.g., atherosclerotic plaque compo-
sitions, intraluminal thrombus) can also be detected and reconstructed for more accurate
representation of vessel wall structure [43].

Pre-Stressing Geometry Estimation: Since medical images were acquired in vivo, the
referenced geometry reconstructed were loaded with the physiological pressure on the
luminal surface, axially stretched, and other loading conditions (such as circumferential
residual stress). Thus, a pre-stressing algorithm should be performed to obtain no-load
geometry (corresponding to zero-pressure condition) based on the referenced geometry
as the initial geometry to start the computational simulation. To this end, Guo et al.,
employed a pre-shrink stretch procedure by shrinking the referenced coronary artery
geometry circumferentially and axially to obtain the no-load geometry [32]. Speelman et al.,
proposed a backward incremental method to estimate the arterial geometry under the
no-load state [44]. Other patient-specific algorithms were also developed and can be found
in the relevant reference [45]. It should be noted that the no-load geometry should be
estimated with the prerequisite of known material properties of the arterial wall. However,
since the arterial material properties are unknown at this stage, no-load geometry would
be determined along with in vivo arterial material properties following the constitutive
parameter identification strategy specified in Section 3.3.

Constitutive Models for Arterial Wall: Arterial walls are generally treated as elas-
tic, either anisotropic or isotropic, nearly-incompressible, homogeneous material. They
could also be considered as heterogeneous material if different tissue components were
included [46]. Several constitutive models were proposed to describe their mechanical
properties ranging from the simple Hookean model to the more sophisticated nonlinear
anisotropic ones [11,47]. A list of commonly used material models including the Hookean
model [31], NeoHookean model [48], Yeoh model [49], Demiray model [30], Mooney–Rivlin
(MR) model [11], Gasser–Ogden–Holzapfel (GOH) model [50], Holzapfel2005 model [51],
Fung-type material [10,52] and their strain energy density functions are provided in the
supplement (see Supplementary File). The constitutive parameters in the material models
were to be determined following the strategy in Section 3.3.

Mathematical Equations Governing Arterial Wall Motion: The mathematical equations
governing arterial wall motion consist of equations of motion, strain-displacement relations
and the stress–strain relations that could be derived from strain energy density functions
for hyperelastic materials [53]. With a proper prescription of boundary conditions, this
equation system could be solved to obtain vessel biomechanical conditions, such as arterial
wall deformation and stress/strain conditions, which would be used to compare with
corresponding clinical measurements.

Boundary Conditions: Proper boundary conditions were applied to FEM to mimic the
loading conditions on the arterial wall in vivo. The most important loading condition that
triggers vascular deformation is pulsating pressure prescribed on the luminal surface on
the arterial wall [42]. It corresponds to the differential blood pressure measured from each
individual between the referenced state and the deformed state. In addition to the pressure
conditions, some other loading conditions, such as external pressure conditions and axial
stretch, were also considered in some studies for more accurate simulations [24,26]. Proper
fixity boundary conditions should be applied to avoid unexpected rigid body movement of
the arterial wall [54].

Solution Method for the Finite Element Model: Finite element mesh could be gen-
erated using commercial finite element software such as ANSYS, ADINA, Abaqus or
self-developed in-house software. FEM models were further solved using sophisticated
numerical schemes built in these software. Mesh analysis should be performed to guarantee
the accuracy of the model solution, which would affect the accuracy of material parameter
estimation [42].
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3.3. Constitutive Parameter Identification Strategy

To obtain vessel material properties correctly, vessel deformation from FEM should
match those from in vivo medical images [55]. A cost function was introduced to measure
the discrepancy between arterial wall deformation from FEM and from in vivo images.
Then, an optimization algorithm was utilized to find the optimal material parameters along
with the no-load vessel geometry by minimizing the cost function.

Cost Function Definition: Most studies constructed the cost function as the sum of
the squares of the nodal deformation differences between FEM vessel morphology and
vessel geometry reconstructed from images [34,36]. Some studies also simply defined the
cost function as the square difference in lumen circumference or lumen area or lumen
volume [32]. These measurements are more available, and easier to calculate. However,
the drawback is that these measurements only provide one quantity from one FEM, so
arterial tissues must be assumed to be uniform homogeneous materials. Variations of the
cost functions also exist by comparing the difference in pressure or stress from FEM and
from clinical measurements in prior studies [26,36].

Optimization Algorithm to Search Correct Material Properties: The value of the cost
function abovementioned is dependent on the material parameters in FEM models. It is a
nonlinear, multivariate optimization problem to find the correct constitutive parameters by
minimizing the cost function [28,29], especially in the case considering the arterial wall as
heterogeneous material [56]. The number of material parameters increases linearly as the
arterial wall is divided into several subdomains with different material parameters.

There are two essential difficulties [24] inherent in this type of nonlinear and noncon-
vex optimization problem: (1) the cost function has multiple local minima, and simple
gradient-based algorithms may not be able to find a global minimum; (2) a second more
fundamental difficulty is over-parameterization, and solutions of material parameters may
not be unique. To address these difficulties, a combined stochastic/deterministic approach
was recommended in some studies with a two-step approach: Step 1, hundreds of sets of
material parameters were chosen randomly by the Monte Carlo algorithm to evaluate the
cost function; Step 2, a deterministic nonlinear algorithm, such as the Nelder–Mead simplex
algorithm [57], was applied to obtain the final material parameters, using the parameter set
with the minimal cost function value determined from Step 1 as initial parameters.

Once the constitutive parameters were found, a stress–strain (or stress–stretch ratio)
relationship could be derived from the strain energy density functions. More details on the
derivation can be found in the existing literature and are omitted here [11,18,52]. For compari-
son purpose, the effective Young’s modulus was defined as the slope of the proportional
function to fit nonlinear stress–stretch ratio material curves on the stretch interval [1.0 1.1] to
measure the tissue stiffness [58]. For anisotropic material models, effective Young’s moduli
were calculated for the material curves along both the circumferential and longitudinal
directions (by fixing the stretch ratio to 1.0 in the other direction) and denoted as Ec and
Ea, respectively.

4. In Vivo Mechanical Properties of Individual-Specific Arterial Wall Tissue

The framework of the FEMBUA was employed to determine individual-specific mate-
rial properties of arterial tissues for mostly middle- or large-size arteries in vivo [59]. To
examine the difference in material properties obtained from the FEMBUA and classical
experimental approaches, some representative ex vivo experimental studies were selected,
and their results were compared with those from in vivo studies using the FEMBUA.
Table 2 lists some prior studies on human aorta, carotid and coronary arteries using this
in vivo identification approach, as well as some ex vivo experimental studies for compar-
ison purpose. Subject information of these in vivo and ex vivo studies is also provided.
Furthermore, one representative set of material parameters (average values or median
values of the material parameters for all samples from each study) were chosen to plot the
material curves and calculate the effective Young’s modulus. More details on each vascular
bed are given in the following subsections.
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Table 2. Subject information, study details and mechanical properties results from in vivo and
some representative ex vivo studies. Abbreviations: AA, abdominal aorta; AAA, abdominal aortic
aneurysm; AsA, ascending thoracic aorta; AsAA, ascending thoracic aortic aneurysm; DsA: descend-
ing thoracic aorta; Ec, effective Young’s modulus in circumferential direction; Ea, effective Young’s
modulus in longitudinal direction.

Reference Tissue Sample Information Material Model
Imaging/

Experiment Techniques
Effective

Young’s Modulus

In Vivo Aorta

[29] 5 AA samples from 5 healthy subjects GOH model t + 3D US Ec = 969.5 kPa
Ea = 843.7 kPa

[30] 5 AsAA samples from 5 patients Demiray model ECG-gated CT Ec = Ea = 180.3 kPa

[33]
1 AA sample from 1 healthy subject

GOH model t + 3D US

Ec = 605.7 kPa
Ea = 605.4 kPa

1 AAA sample from 1 patient Ec = 5576.7 kPa
Ea = 1770.2 kPa

[34] 4 AsAA samples from 4 patients GOH model ECG-gated CT Ec = 270.2 kPa
Ea = 276.5 kPa

[35] 4 AsAA samples from 4 patients GOH model ECG-gated CT Ec = 363.1 kPa
Ea = 355.7 kPa

[55] 9 AsAA samples from 9 patients Yeoh model ECG-gated CT Ec = Ea = 573.9 kPa
Ex Vivo Aorta

[49] 69 AAA specimens Yeoh model Uniaxial testing Ec = 2382.4 kPa
Ea = 1856.3 kPa

[60]

6 AsA specimens from donors with age
0 to 30

GOH model Biaxial testing

Ec = 1268.4 kPa
Ea = 1182.1 kPa

6 AsA specimens from donors with age
31 to 60

Ec = 1025.5 kPa
Ea = 905.9 kPa

17 AsA specimens from donors with age
above 61

Ec = 2365.8 kPa
Ea = 1698.6 kPa

[61]

5 DsA specimens from 5 young donors
with age 20 to 36

MR model Uniaxial testing

Ec = 181.5 kPa
Ea = 176.0 kPa

5 DsA specimens from 5 old donors with
age 45 to 60

Ec = 232.0 kPa
Ea = 186.5 kPa

In Vivo Carotid

[36] 12 atherosclerotic carotid samples from
12 patients MR model Cine MRI Ec = Ea = 422.6 kPa

[31] 2 carotid samples from 2 healthy subjects Hookean model Cine MRI Ec = Ea = 781.8 kPa

[37]

4 carotid samples from 4 young healthy
subjects with age 24 to 26

Hookean model Cine MRI

Ec = Ea = 833.7 kPa

5 carotid samples from 5 middle-age
healthy subjects with age 51 to 63 Ec = Ea = 1815.3 kPa

4 atherosclerotic carotid samples from
4 old patients with age 68 to 76 Ec = Ea = 6926.2 kPa

[58] 81 atherosclerotic carotid samples from
8 patients MR model Cine MRI Ec = Ea = 555.1 kPa

Ex Vivo Carotid

[62] 14 atherosclerotic carotid specimens from
14 patients Yeoh model Uniaxial testing Ec = Ea = 606.2 kPa

[63] 11 common carotid specimens from
11 relatively healthy subjects

Hozapfel2005
model Extension-inflation tests Ec = 1235.7 kPa

Ea = 176.7 kPa

[17] 59 atherosclerotic carotid specimens of
fibrous cap MR model Uniaxial testing Ec = Ea = 1245.4 kPa

In Vivo Coronary

[32] 2 atherosclerotic coronary samples from
1 patient MR model Cine IVUS Ec = 484.6 kPa

Ea = 279.8 kPa

[38] 20 atherosclerotic coronary samples from
13 patients MR model Cine IVUS Ec = 1022.5 kPa

Ea = 590.6 kPa
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Table 2. Cont.

Reference Tissue Sample Information Material Model
Imaging/

Experiment Techniques
Effective

Young’s Modulus

Ex Vivo Coronary

[51] 13 coronary intima specimens from
13 relatively healthy subjects

Hozapfel2005
model Uniaxial testing Ec = 497.5 kPa

Ea = 862.6 kPa

[64] 4 coronary specimens from 2 relatively
healthy subjects MR model Biaxial testing Ec = 1602.5 kPa

Ea = 925.3 kPa

[65]
14 healthy coronary specimens

Hookean model Uniaxial testing Ec = Ea = 1909.5 kPa
8 atherosclerotic coronary specimens Ec = Ea = 4864.1 kPa

4.1. Aortic Tissue

The human aorta contains a wide range of vascular course, including ascending
thoracic aorta (AsA), aortic arch, descending thoracic aorta (DsA) and abdominal aorta
(AA). Aortic aneurysm is a common pathological condition influencing the health state of
the aorta. The stress–stretch ratio curves of healthy and aneurysmal aortic tissues listed in
Table 2 using the in vivo FEMBUA method and ex vivo experimental methods are plotted
in Figure 2. Material curves in the circumferential and longitudinal directions were given
for anisotropic material models.

Figure 2. Stress–stretch ratio curves of healthy and diseased aortic tissues from (a) in vivo studies
and (b) ex vivo studies. Abbreviations: AA, abdominal aorta; AAA, abdominal aortic aneurysm;
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AsA, ascending thoracic aorta; AsAA, ascending thoracic aortic aneurysm; DsA: descending thoracic
aorta; Ec, effective Young’s modulus in circumferential direction; Ea, effective Young’s modulus in
longitudinal direction; Iso, isotropic material; Circ, material curves in circumferential direction; Long,
material curves in longitudinal direction [29,30,33–35,49,55,60,61].

Based on the material curves in Figure 2a,b, large variations in aortic tissue stiffness
could be observed for both in vivo studies and ex vivo studies. For in vivo studies, the Ec
ranged from 180.3 kPa to 5576.7 kPa (Ea from 180.3kPa to 1770.2 kPa) whereas in ex vivo
studies, the Ec ranged from 181.5 kPa to 2382.4 kPa (Ea from 176.0 kPa to 1856.3 kPa). This
demonstrated that the aortic tissue stiffness values from in vivo and ex vivo studies were in
the comparable ranges. However, compared to in vivo studies, all aortic tissues (including
healthy and diseased tissues) from ex vivo studies yielded higher average tissue stiffness
weighted by number of samples, with 201.5% higher stiffness for the Ec (2040.4 kPa vs.
676.9 kPa), and 267.1% higher for the Ea (1922.8 kPa vs. 523.8 kPa), respectively). It could
also be observed that most listed studies had higher tissue stiffness in the circumferential
direction than in the longitudinal direction [49]. Moreover, tissue anisotropy was clear
but less significant in ex vivo studies, according to the difference in circumferential and
longitudinal material curves from the same study [29,34,60].

Among the listed in vivo studies, one study determined the material properties of
both healthy and aneurysmal tissues to study the impact of pathological conditions on
the material properties following the same method. This study showed that aneurysmal
aortic tissues tend to have higher stiffness than non-aneurysmal aortic tissues [33]. This
conclusion was consistent with other ex vivo studies [66]. Furthermore, it is fortunate
that García-Herrera et al. [61] and Haskett et al. [60] harvested enough specimens from
healthy donors to investigate the aging effect on tissue material properties. García-Herrera
et al. [61] reported that aortic stiffness increased as the age increased. For the study from
Haskett et al. [60], they classified the donors into young, middle age and old groups. They
found that the oldest people had the highest aortic stiffness, whereas middle-age donors
had close but slightly lower aortic stiffness than the young group.

4.2. Carotid and Coronary Arterial Tissues

Fewer studies were performed to identify the material properties of carotid and
coronary arteries in vivo. Figure 3 gives the plots of the material curves of healthy and
diseased carotid and coronary tissues listed in Table 2. These studies have shown similar
results to aortic tissue. Compared to aortic studies, tissue anisotropy was more obvious
in carotid and coronary specimens, with the Ec higher than the Ea for the listed studies.
All carotid studies in Table 2 showed that the Ec and Ea both ranged from 422.6 kPa
to 6926.2 kPa for in vivo studies whereas the Ec ranged from 606.2 kPa to 1245.4 kPa
(Ea from 176.7 kPa to 1245.4 kPa) for ex vivo studies. Therefore, tissue stiffness values
from in vivo studies were generally in the same magnitude as that from ex vivo studies.
Coronary studies yielded a similar conclusion. Similarly, compared to ex vivo studies,
carotid/coronary tissues from ex vivo studies yielded a higher average tissue stiffness
weighted by number of samples. For carotid tissues, the average tissue stiffness values
from ex vivo and in vivo studies were 1137.6 kPa vs. 849.2 kPa (34% higher) for the Ec,
and 999.0 kPa vs. 849.2 kPa (17.6% higher) for the Ea, respectively. For coronary tissues,
the numbers were 1975.2 kPa vs. 973.6 kPa (102.9% higher) for the Ec, and 1959.6 kPa vs.
562.3 kPa (248.5% higher) for the Ea, respectively. Atherosclerosis is the most common
disease occurring in both carotid and coronary arteries. This disease elevates the tissue
stiffness in carotid and coronary, as demonstrated by Franquet et al. [37] and Kaimi et al. [65].
This phenomenon was also observed by ex vivo studies [52]. An aging effect was also
investigated by Franquet et al. [37], and their results demonstrated an increase in the elastic
modulus of the common carotid artery as age increases.
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Figure 3. Stress–stretch ratio curves of healthy and diseased aortic tissues for all (a) carotid
studies and (b) coronary studies. Abbreviations: Iso, isotropic material; Circ, material curves
in circumferential direction; Long, material curves in longitudinal direction; H, healthy; AS,
atherosclerosis [17,31,32,36–38,51,58,62–65].

5. Some Methodological Issues in Finite-Element-Model-Based Updating Approach

5.1. Significance of In Vivo Identification Framework

Classically, mechanical experiments are conducted to quantify the mechanical prop-
erties using arterial tissues ex vivo [14]. However, the FEMBUA provides another way
to determine tissue properties in vivo. This in vivo method could be easily modified to
successfully apply to other biological tissues, and even non-biomaterials such as cere-
bral aneurysmal tissue [67]; cardiac tissue [68]; thigh muscle tissue [69]; human skin [70];
silicone gel soft tissue [71]; and metal [72].

Since tissue samples are often not available for in vivo studies and the material proper-
ties of arterial tissues alter when taken out of living subjects, the image-based finite element
modeling approach is more suitable for studies under in vivo conditions with potential
clinical implementations [22,23]. Prior studies have demonstrated that patient-specific
in vivo tissue material properties had a significant influence on cardiovascular biomechan-
ics, especially in strain calculation compared to ex vivo material properties [38]. Therefore,
patient-specific in vivo material properties are desirable for personalized treatment.
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Even though in vivo and ex vivo methods follow different approaches in determining
tissue properties, they are not exclusive to each other. Rather, they are complementary
to each other. A hybrid approach that uses a finite element updating approach to match
stress–strain data from biaxial/uniaxial experiments has been proposed to quantify the
aortic aneurysmal tissue [73].

5.2. Comparison in Tissue Stiffness from FEMBUA and Ex Vivo Experimental Approaches

To assess its accuracy and efficacy, comparison analysis between the novel FEMBUA
and classical ex vivo experimental approaches were performed. Some representative ex
vivo studies were selected, and the tissue stiffness values from these studies were compared
to those from in vivo studies using the FEMBUA. For all types of arteries (aorta, carotid
or coronary), the ranges of tissue stiffness were generally in the same magnitude for both
methods. However, the dissected tissues from ex vivo studies were stiffer than tissue
samples from in vivo studies by average. It should be noted that the limited number of ex
vivo studies could influence the conclusions abovementioned, because the average tissue
stiffness would change if a different set of ex vivo representative studies were chosen.
Thus, the comparison was evaluated numerically, not statistically for all tissues, not for just
healthy or diseased ones, in which case, the selected studies would have more influence.
Nevertheless, these conclusions suggested that the FEMBUA is an accurate and effective
approach for quantifying the material properties of arterial walls. However, more rigorous
comparison analysis should be performed by conducting both methods on the same tissue
samples as detailed in the following section.

5.3. Validation of In Vivo Identification Approach

Several research groups investigated vessel material properties using both the in vivo
FEMBUA method and ex vivo experiments on the same arterial tissue for validation pur-
poses [30,35,55]. Based on five aortic aneurysmal specimens from two patients, Liu M et al.,
compared the mechanical properties of aortic tissue from in vivo and ex vivo biaxial testing
methods. The authors found that material curves from both methods were close to the
average value of the mean absolute percentage error less than 5% [35]. Based on a larger
sample size (n = 10), Cosentino et al., reported similar observations. They stated that at
strain of 0.14, the relative difference in stress response from the stress–strain curves of both
methods was less than 24% [55]. Additionally, Trabelsi et al., performed FEMs with the
material parameters determined from both in vivo and ex vivo methods for the same tissue.
Their simulation showed that the difference in peak wall stress between the two methods
was less than 20% [30]. These studies supported that, using ex vivo experiment testing as
the gold standard, the FEMBUA yields mild difference in biomechanical results for the
same specimen.

5.4. Method Reproducibility and Noise Sensitivity Analysis

Reproducible, accurate determination of arterial tissue material properties is an im-
portant prerequisite for clinical applications. In a methodological study, Narayanan et al.,
demonstrated the reproducibility of the FEMBUA by repeating the approach for three pa-
tients to obtain their material properties. The results of material parameters from different
runs were recovered with errors of 3.0 ± 4.7% [28].

The robustness of the solution to the inverse problem remains to be an important
issue. There are many uncertainties that would impact the results of mechanical property
determination which include medical image resolution, on-site pressure measurement,
etc. Narayanan et al., performed sensitivity analysis by applying random Gaussian noise
to the original medical images. Their results showed that the errors for the material
parameters were 1.3 ± 1.6% for the 5% noise addition. In addition to the noise inherent to
the image-based geometry, Narayanan et al., also investigated the impact of such pressure
perturbations on material property recovery. They claimed that such perturbation would
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result in controllable error in tissue stiffness estimation. More specifically, the relative error
was equal to the relative error of the applied perturbation [28].

5.5. Modeling Assumptions and Limitations

There are some assumptions involved in FEM for in vivo indentation of the material
properties of arterial walls, which would impact the results from the FEMBUA: (a) Axial
stretch has considerable impact on the result of mechanical parameter values [38,48]. There-
fore, patient- and vessel-specific axial stretch data are needed to determine more accurate
material properties. Currently, due to a lack of in vivo axial stretch data, prior studies
just set it to a given stretch ratio in the computational models when determining in vivo
material properties. Wang et al. [38] investigated the impact of axial stretch on material
properties. Their results indicated that smaller axial stretch led to greater slice shrinkage
and softer material stiffness estimation. (b) Neglecting perivascular pressure conditions
could lead to over- or under-estimation of material properties, depending on vascular bed.
That is because it is the transmural pressure, not blood pressure alone, that drives the
arteries to expand and contract. Due to the perivascular tissue and environment that the
aorta, carotid and coronary arteries are situated in, perivascular pressure conditions are
different, and physiologically not equal to zero [26]. Not considering a positive perivascular
pressure in the FEM would lead to an overestimation of the material stiffness, whereas
ignoring a negative one would lead to underestimation. (c) Active stress from smooth
muscle cells has an impact. The function of the smooth muscle in the arterial wall is to
produce active tension, relatively independent of stretch. However, its impact on arterial
stiffness remains controversial. Early evidence supported that the contribution of smooth
muscle cell to the elastic properties of living blood vessel was very small [74]. More re-
cently, Tremblay et al., considered the active stress in their method to estimate the material
properties, and claimed that the effect of smooth muscle cell activation was non-negligible
and could increase both the circumferential and axial stiffness of the tissue [75]. More
attempts have to be made to set down the role of active stress played in tissue mechanical
properties. (d) Residual stress was not included as no patient-specific opening angle data
were available [76,77]. Currently, there are no studies that includes residual stress in their
computational finite element models to characterize arterial wall properties. More efforts
are needed to understand the impact of residual stress on results of mechanical proper-
ties. (e) Structure-only models instead of fluid-structure interaction models were typically
utilized in the FEMBUA, because it is more computationally efficient, especially when
multiple iterations were needed to obtain the optimal material properties in the updating
approach. Furthermore, prior studies have demonstrated that structure-only models could
close biomechanical conditions to the fluid–structure interaction models [53].

6. Conclusions Remarks and Future Directions

The image-based FEMBUA has been proven to accurately and effectively determine
the material properties of arterial walls in vivo. In addition, the tissue stiffness from this
method was consistent with that from ex vivo experimental approaches. However, current
studies mainly use image and pressure data at two cardiac phases (typically systolic and
diastolic phases). Imaging technologies with higher temporal resolution are desirable to
obtain clinical images at more cardiac phases, so that more data points will be available to
fit the complex nonlinear material models (such as the anisotropic Mooney–Rivlin model
or Fung-type model with several material constants) in a least square sense. Thus, the
image-based FEMBUA would be more robust and not sensitive to image noise or pressure
measurement error.

Biomechanical properties provide vast information regarding cardiovascular tissues
in living individuals, which could guide us to a better understanding of arterial mechanics
and physiology, as well as for the analysis of the mechanisms of vascular diseases.

In vivo arterial tissue stiffness has already been employed in clinical settings as a risk
factor for cardiovascular diseases, and has been proven to have clinical significance [22,23].
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Since the FEMBUA could provide more detailed information on mechanical properties un-
der in vivo conditions, it holds great potential in clinical applications for personalized treat-
ment and precision medicine: (1) sophisticated material properties from this method, rather
than simple arterial stiffness, are essential to accurately estimate stress/strain conditions
for possible clinical applications, such as a stress-based diagnosis strategy to refine current
diameter-based diagnosis criteria in aortic aneurysm assessment [7,78]; and (2) in vivo iden-
tification of the nonlinear anisotropic material properties of the cardiovascular tissue is also
a prerequisite for predicting its interaction with implanted devices, such as coronary stents.
Now, patient-specific computational modeling of coronary stents has been performed for
individualized pre-procedural planning and predicting stenting prognosis [79]. Large-scale
clinical studies are needed to verify the efficiency of in vivo material properties for clinical
decision-making in these applications. Lastly, successful applications of computational
modeling incorporating in vivo mechanical properties are based on the solid ground of an
automated implementation of this in vivo approach with computational efficiency. With
further validations, the FEMBUA could be further developed and automated to provide
vessel material properties, which are an essential part for arterial models.

Supplementary Materials: The following supporting information can be downloaded at: https://
www.mdpi.com/article/10.3390/jfb13030147/s1.

Author Contributions: Conceptualization, D.T. and L.W.; methodology, D.T., L.W., J.Z. and K.L.B.;
formal analysis, L.W., R.L. and X.G.; writing—original draft preparation, D.T. and L.W.; writing—
review and editing, D.T., L.W., G.S.M., A.M., J.Z., K.L.B., R.L. and X.G.; project administration, D.T.,
G.S.M. and A.M.; funding acquisition, L.W. All authors have read and agreed to the published version
of the manuscript.

Funding: This research was supported in part by: the National Natural Science Foundation of China
grants 11972117, 11802060; the Natural Science Foundation of Jiangsu Province under grant number
BK20180352; a Jiangsu Province Science and Technology Agency under grant number BE2016785;
and the Fundamental Research Funds for the Central Universities and the Zhishan Young Scholars
Fund administrated by Southeast University (grant number 2242021R41123).

Institutional Review Board Statement: Not applicable.

Informed Consent Statement: Not applicable.

Data Availability Statement: Not applicable.

Conflicts of Interest: The authors declare no conflict of interest.

References

1. Malek, A.M.; Alper, S.L.; Izumo, S. Hemodynamic shear stress and its role in atherosclerosis. JAMA 1999, 282, 2035–2042.
[CrossRef] [PubMed]

2. Kwak, B.R.; Bäck, M.; Bochaton-Piallat, M.; Caligiuri, G.; Daemen, M.J.A.P.; Davies, P.F.; Hoefer, I.E.; Holvoet, P.; Jo, H.; Krams, R.;
et al. Biomechanical factors in atherosclerosis: Mechanisms and clinical implications. Eur. Heart J. 2014, 35, 3013–3020. [CrossRef]
[PubMed]

3. James, F.G.; Mostafa, F.; Michael, I. Selected methods for imaging elastic properties of biological tissues. Annu. Rev. Biomed. Eng.
2003, 5, 57–78. [CrossRef]

4. Susan, J.Z.; Vojtech, M.; David, A.K. Mechanisms, pathophysiology, and therapy of arterial stiffness. Arter. Thromb. Vasc. Biol.
2005, 25, 932–943. [CrossRef]

5. Dirk, W.; Mario, K.; Paul, S.; Frank, S.; Alexander, R.; Kerstin, W.; Wolfgang, H.; Wolfgang, P.; Matthias, P.; Heinz-Peter, S.; et al.
Role of left ventricular stiffness in heart failure with normal ejection fraction. Circulation 2008, 117, 2051–2060. [CrossRef]

6. Stephane, L.; John, C.; Luc, V.B.; Pierre, B.; Cristina, G.; Daniel, H.; Bruno, P.; Charalambos, V.; Ian, W.; Harry, S.-B.; et al. Expert
consensus document on arterial stiffness: Methodological issues and clinical applications. Eur. Heart J. 2006, 27, 2588–2605.
[CrossRef]

7. Vorp, D.A.; Vande Geest, J.P. Biomechanical determinants of abdominal aortic aneurysm rupture. Arter. Thromb. Vasc. Biol. 2005,
25, 1558–1566. [CrossRef]

8. Camasão, D.B.; Mantovani, D. The mechanical characterization of blood vessels and their substitutes in the continuous quest for
physiological-relevant performances. A critical review. Mater. Today Bio 2021, 10, 100106. [CrossRef]

92



J. Funct. Biomater. 2022, 13, 147

9. Moore, J., Jr.; Berry, J.L. Fluid and Solid Mechanical Implications of Vascular Stenting. Ann. Biomed. Eng. 2002, 30, 498–508.
[CrossRef]

10. Fung, Y.C. Biomechanics: Mechanical Properties of Living Tissues; Springer: New York, NY, USA, 1993.
11. Holzapfel, G.A.; Gasser, T.C.; Ogden, R.W. A New Constitutive Framework for Arterial Wall Mechanics and a Comparative Study

of Material Models. J. Elast. 2000, 61, 1–48. [CrossRef]
12. Walsh, M.T.; Cunnane, E.M.; Mulvihill, J.J.; Akyildiz, A.C.; Gijsen, F.J.H.; Holzapfel, G.A. Uniaxial tensile testing approaches for

characterization of atherosclerotic plaques. J. Biomech. 2014, 47, 793–804. [CrossRef] [PubMed]
13. Macrae, R.A.; Miller, K.; Doyle, B.J. Methods in Mechanical Testing of Arterial Tissue: A Review. Strain 2016, 52, 380–399.

[CrossRef]
14. Hayashi, K. Experimental approaches on measuring the mechanical properties and constitutive laws of arterial walls. J. Biomech.

Eng. 1993, 115, 481–488. [CrossRef] [PubMed]
15. Sacks, M.S.; Sun, W. Multiaxial mechanical behavior of biological materials. Annu. Rev. Biomed. Eng. 2003, 5, 251–284. [CrossRef]
16. Holzapfel, G.A.; Sommer, G.; Regitnig, P. Anisotropic Mechanical Properties of Tissue Components in Human Atherosclerotic

Plaques. J. Biomech. Eng. 2004, 26, 657–665. [CrossRef]
17. Teng, Z.; Zhang, Y.; Huang, Y.; Feng, J.; Yuan, J.; Lu, Q.; Sutcliffe, M.P.F.; Brown, A.J.; Jing, Z.; Gillard, J.H. Material properties of

components in human carotid atherosclerotic plaques: A uniaxial extension study. Acta. Biomater. 2014, 10, 5055–5063. [CrossRef]
18. Peña, J.A.; Corral, V.; Martínez, M.A.; Peña, E. Over length quantification of the multiaxial mechanical properties of the ascending,

descending and abdominal aorta using Digital Image Correlation. J. Mech. Behav. Biomed. Mater. 2018, 77, 434–445. [CrossRef]
19. Peterson, L.H.; Jensen, R.E.; Parnell, J. Mechanical Properties of Arteries in Vivo. Circ. Res. 1960, 8, 622–639. [CrossRef]
20. Gosling, R.G.; Budge, M.M. Terminology for Describing the Elastic Behavior of Arteries. Hypertension 2003, 41, 1180–1182.

[CrossRef]
21. Claridge, M.W.; Bate, G.R.; Hoskins, P.R.; Adam, D.J.; Bradbury, A.W.; Wilmink, A.B. Measurement of arterial stiffness in subjects

with vascular disease: Are vessel wall changes more sensitive than increase in intima–media thickness? Atherosclerosis 2009, 205,
477–480. [CrossRef]

22. Sutton-Tyrrell, K.; Najjar, S.S.; Boudreau, R.M.; Venkitachalam, L.; Kupelian, V.; Simonsick, E.M.; Havlik, R.; Lakatta, E.G.;
Spurgeon, H.; Kritchevsky, S.; et al. Elevated Aortic Pulse Wave Velocity, a Marker of Arterial Stiffness, Predicts Cardiovascular
Events in Well-Functioning Older Adults. Circulation 2005, 111, 3384–3390. [CrossRef] [PubMed]

23. Willum-Hansen, T.; Staessen, J.A.; Torp-Pedersen, C.; Rasmussen, S.; Thijs, L.; Ibsen, H.; Jeppesen, J. Prognostic Value of Aortic
Pulse Wave Velocity as Index of Arterial Stiffness in the General Population. Circulation 2006, 113, 664–670. [CrossRef] [PubMed]

24. Stålhand, J.; Klarbring, A.; Karlsson, M. Towards in vivo aorta material identification and stress estimation. Biomech. Model
Mechan. 2004, 2, 169–186. [CrossRef] [PubMed]

25. Schulze-Bauer, C.A.J.; Holzapfel, G.A. Determination of constitutive equations for human arteries from clinical data. J. Biomech.
2003, 36, 165–169. [CrossRef]

26. Masson, I.; Boutouyrie, P.; Laurent, S.; Humphrey, J.D.; Zidi, M. Characterization of arterial wall mechanical behavior and stresses
from human clinical data. J. Biomech. 2008, 41, 2618–2627. [CrossRef]

27. Avril, S.; Evans, S.; Miller, K. Inverse problems and material identification in tissue biomechanics. J. Mech. Behav. Biomed. Mater.
2013, 27, 129–131. [CrossRef]

28. Narayanan, B.; Olender, M.L.; Marlevi, D.; Edelman, E.R.; Nezami, F.R. An inverse method for mechanical characterization of
heterogeneous diseased arteries using intravascular imaging. Sci. Rep. 2021, 11, 22540. [CrossRef]

29. Wittek, A.; Karatolios, K.; Bihari, P.; Schmitz-Rixen, T.; Moosdorf, R.; Vogt, S.; Blasé, C. In vivo determination of elastic properties
of the human aorta based on 4D ultrasound data. J. Mech. Behav. Biomed. Mater. 2013, 27, 167–183. [CrossRef]

30. Trabelsi, O.; Duprey, A.; Favre, J.-P.; Avril, S. Predictive Models with Patient Specific Material Properties for the Biomechanical
Behavior of Ascending Thoracic Aneurysms. Ann. Biomed. Eng. 2016, 44, 84–98. [CrossRef]

31. Franquet, A.; Avril, S.; Le Riche, R.; Badel, P.; Schneider, F.C.; Li, Z.; Boissier, C.; Pierre Favre, J. A New Method for the In Vivo
Identification of Mechanical Properties in Arteries From Cine MRI Images: Theoretical Framework and Validation. IEEE Trans.
Med. Imaging 2013, 32, 1448–1461. [CrossRef]

32. Guo, X.; Zhu, J.; Maehara, A.; Monoly, D.; Samady, H.; Wang, L.; Billiar, K.L.; Zheng, J.; Yang, C.; Mintz, G.S.; et al. Quantify
patient-specific coronary material property and its impact on stress/strain calculations using in vivo IVUS data and 3D FSI
models: A pilot study. Biomech. Model Mechan. 2017, 16, 333–344. [CrossRef] [PubMed]

33. Wittek, A.; Derwich, W.; Karatolios, K.; Fritzen, C.P.; Vogt, S.; Schmitz-Rixen, T.; Blasé, C. A finite element updating approach for
identification of the anisotropic hyperelastic properties of normal and diseased aortic walls from 4D ultrasound strain imaging.
J. Mech. Behav. Biomed. Mater. 2016, 58, 122–138. [CrossRef]

34. Liu, M.; Liang, L.; Sun, W. A new inverse method for estimation of in vivo mechanical properties of the aortic wall. J. Mech. Behav.
Biomed. Mater. 2017, 72, 148–158. [CrossRef] [PubMed]

35. Liu, M.; Liang, L.; Sulejmani, F.; Lou, X.; Iannucci, G.; Chen, E.; Leshnower, B.; Sun, W. Identification of in vivo nonlinear
anisotropic mechanical properties of ascending thoracic aortic aneurysm from patient-specific CT scans. Sci. Rep. 2019, 9, 12983.
[CrossRef] [PubMed]

93



J. Funct. Biomater. 2022, 13, 147

36. Liu, H.; Canton, G.; Yuan, C.; Yang, C.; Billiar, K.; Teng, Z.; Hoffman, A.H.; Tang, D. Using In Vivo Cine and 3D Multi-Contrast
MRI to Determine Human Atherosclerotic Carotid Artery Material Properties and Circumferential Shrinkage Rate and Their
Impact on Stress/Strain Predictions. J. Biomech. Eng. 2012, 134, 011008. [CrossRef]

37. Franquet, A.; Avril, S.; Le Riche, R.; Badel, P.; Schneider, F.C.; Boissier, C.; Favre, J.-P. Identification of the in vivo elastic properties
of common carotid arteries from MRI: A study on subjects with and without atherosclerosis. J. Mech. Behav. Biomed. Mater. 2013,
27, 184–203. [CrossRef]

38. Wang, L.; Zhu, J.; Maehara, A.; Lv, R.; Qu, Y.; Zhang, X.; Guo, X.; Billiar, K.L.; Chen, L.; Ma, G.; et al. Quantifying Patient-Specific
in vivo Coronary Plaque Material Properties for Accurate Stress/Strain Calculations: An IVUS-Based Multi-Patient Study. Front.
Physiol. 2021, 12, 721195. [CrossRef]

39. Seo, Y.; Ishizu, T.; Enomoto, Y.; Sugimori, H.; Yamamoto, M.; Machino, T.; Kawamura, R.; Aonuma, K. Validation of 3-dimensional
speckle tracking imaging to quantify regional myocardial deformation. Circ. Cardiovasc. Imaging 2009, 2, 451–459. [CrossRef]

40. Pan, B.; Qian, K.; Xie, H.; Asundi, A. Two-dimensional digital image correlation for in-plane displacement and strain measurement:
A review. Meas. Sci. Technol. 2009, 20, 6. [CrossRef]

41. Mondillo, S.; Galderisi, M.; Mele, D.; Cameli, M.; Lomoriello, V.S.; Zacà, V.; Ballo, P.; D’Andrea, A.; Muraru, D.; Losi, M.; et al.
Echocardiography Study Group Of The Italian Society Of Cardiology (Rome, Italy). Speckle-tracking echocardiography: A new
technique for assessing myocardial function. J. Ultrasound. Med. 2011, 30, 71–83. [CrossRef]

42. Yang, C.; Bach, R.G.; Zheng, J.; Naqa, E.I.; Woodard, P.K.; Teng, Z.; Billiar, K.; Tang, D. In vivo IVUS-based 3-D fluid-structure
interaction models with cyclic bending and anisotropic vessel properties for human atherosclerotic coronary plaque mechanical
analysis. IEEE Trans. Bio-Med. Eng. 2009, 56, 2420–2428. [CrossRef] [PubMed]

43. Carpenter, H.J.; Gholipour, A.; Ghayesh, M.H.; Zander, A.C.; Psaltis, P.J. A review on the biomechanics of coronary arteries. Int. J.
Eng. Sci. 2020, 147, 103201. [CrossRef]

44. Speelman, L.; Bosboom, E.M.; Schurink, G.W.; Buth, J.; Breeuwer, M.; Jacobs, M.J.; van de Vosse, F.N. Initial stress and nonlinear
material behavior in patient-specific AAA wall stress analysis. J. Biomech. 2009, 7, 1713–1719. [CrossRef] [PubMed]

45. Gee, M.W.; Förster, C.H.; Wall, W.A. A Computational Strategy for Prestressing Patient-Specific Biomechanical Problems Under
Finite Deformation. Int. J. Numer. Methods Biomed. Eng. 2010, 26, 52–72. [CrossRef]

46. Tang, D.; Yang, C.; Zheng, J.; Woodard, P.K.; Sicard, G.A.; Saffitz, J.E.; Yuan, C. 3D MRI-Based Multicomponent FSI Models for
Atherosclerotic Plaques. Ann. Biomed. Eng. 2004, 32, 947–960. [CrossRef]

47. Avril, S.; Badel, P.; Duprey, A. Anisotropic and hyperelastic identification of in vitro human arteries from full-field optical
measurements. J. Biomech. 2010, 43, 2978–2985. [CrossRef]

48. Maso Talou, G.D.; Blanco, P.J.; Ares, G.D.; Guedes Bezerra, C.; Lemos, P.A.; Feijóo, R.A. Mechanical Characterization of the Vessel
Wall by Data Assimilation of Intravascular Ultrasound Studies. Front. Physiol. 2018, 28, 292. [CrossRef]

49. Raghavan, M.L.; Vorp, D.A. Toward a biomechanical tool to evaluate rupture potential of abdominal aortic aneurysm: Identifica-
tion of a finite strain constitutive model and evaluation of its applicability. J. Biomech. 2000, 33, 475–482. [CrossRef]

50. Gasser, T.C.; Ogden, R.W.; Holzapfel, G.A. Hyperelastic modelling of arterial layers with distributed collagen fibre orientations.
J. R. Soc. Interface 2006, 3, 15–35. [CrossRef]

51. Holzapfel, G.A.; Sommer, G.; Gasser, C.T.; Regitnig, P. Determination of layer-specific mechanical properties of human coronary
arteries with nonatherosclerotic intimal thickening and related constitutive modeling. Am. J. Physiol. Heart Circ. Physiol. 2005, 289,
2048–2058. [CrossRef]

52. Jankowska, M.A.; Bartkowiak-Jowsa, M.; Bedzinski, R. Experimental and constitutive modeling approaches for a study of
biomechanical properties of human coronary arteries. J. Mech. Behav. Biomed. Mater. 2015, 50, 1–12. [CrossRef] [PubMed]

53. Huang, X.; Yang, C.; Zheng, J.; Bach, R.; Muccigrosso, D.; Woodard, P.K.; Tang, D. 3D MRI-based multicomponent thin layer
structure only plaque models for atherosclerotic plaques. J. Biomech. 2016, 49, 2726–2733. [CrossRef]

54. Baldewsing, R.A.; Danilouchkine, M.G.; Mastik, F.; Schaar, J.A.; Serruys, P.W.; van der Steen, F.W.A. An Inverse Method for
Imaging the Local Elasticity of Atherosclerotic Coronary Plaques. IEEE Trans. Inf. Technol. Biomed. 2008, 12, 277–289. [CrossRef]
[PubMed]

55. Cosentino, F.; Agnese, V.; Raffa, G.M.; Gentile, G.; Bellavia, D.; Zingales, M.; Pilato, M.; Pasta, S. On the role of material properties
in ascending thoracic aortic aneurysms. Comput. Biol. Med. 2019, 109, 70–78. [CrossRef] [PubMed]

56. Chandran, K.B.; Mun, J.H.; Choi, K.K.; Chen, J.S.; Hamilton, A.; Nagaraj, A.; McPherson, D.D. A method for in-vivo analysis for
regional arterial wall material property alterations with atherosclerosis: Preliminary results. Med. Eng. Phys. 2003, 25, 289–298.
[CrossRef]

57. Nelder, J.A.; Mead, R. A Simplex Method for Function Minimization. Comput. J. 1965, 7, 308–313. [CrossRef]
58. Wang, Q.; Canton, G.; Guo, J.; Guo, X.; Hatsukami, T.S.; Billiar, K.L.; Yuan, C.; Wu, Z.; Tang, D. MRI-based patient-specific human

carotid atherosclerotic vessel material property variations in patients, vessel location and long-term follow up. PLoS ONE 2017,
12, e0180829. [CrossRef]

59. Ghassan, S.K. Biomechanics of the cardiovascular system: The aorta as an illustratory example. J. R. Soc. Interface 2006, 3, 719–740.
[CrossRef]

60. Haskett, D.; Johnson, G.; Zhou, A.; Utzinger, U.; Vande Geest, J. Microstructural and biomechanical alterations of the human
aorta as a function of age and location. Biomech. Model Mechanobiol. 2010, 9, 725–736. [CrossRef]

94



J. Funct. Biomater. 2022, 13, 147

61. García-Herrera, C.M.; Celentano, D.J.; Cruchaga, M.A.; Rojo, F.J.; Atienza, J.M.; Guinea, G.V.; Goicolea, J.M. Mechanical
characterisation of the human thoracic descending aorta: Experiments and modelling. Comput. Methods Biomech. Biomed. Engin.
2012, 15, 185–193. [CrossRef]

62. Lawlor, M.G.; O’Donnell, M.R.; O’Connell, B.M.; Walsh, M.T. Experimental determination of circumferential properties of fresh
carotid artery plaques. J. Biomech. 2011, 44, 1709–1715. [CrossRef] [PubMed]

63. Sommer, G.; Holzapfel, G.A. 3D constitutive modeling of the biaxial mechanical response of intact and layer-dissected human
carotid arteries. J. Mech. Behav. Biomed. Mater. 2012, 5, 116–128. [CrossRef] [PubMed]

64. Kural, M.H.; Cai, M.; Tang, D.; Gwyther, T.; Zheng, J.; Billiar, K.L. Planar biaxial characterization of diseased human coronary and
carotid arteries for computational modeling. J. Biomech. 2012, 45, 790–798. [CrossRef] [PubMed]

65. Karimi, A.; Navidbakhsh, M.; Shojaei, A.; Faghihi, S. Measurement of the uniaxial mechanical properties of healthy and
atherosclerotic human coronary arteries. Mater. Sci. Eng. C. Mater Biol. Appl. 2013, 33, 2550–2554. [CrossRef] [PubMed]

66. Niestrawska, J.A.; Viertler, C.; Regitnig, P.; Cohnert, T.U.; Sommer, G.; Holzapfel, G.A. Microstructure and mechanics of healthy
and aneurysmatic abdominal aortas: Experimental analysis and modelling. J. R. Soc. Interface 2016, 13, 20160620. [CrossRef]

67. Zhao, X.; Raghavan, M.L.; Lu, J. Identifying heterogeneous anisotropic properties in cerebral aneurysms: A pointwise approach.
Biomech. Model. Mechanobiol. 2011, 10, 177–189. [CrossRef]

68. Yu, H.; Del Nido, P.J.; Geva, T.; Yang, C.; Tang, A.; Wu, Z.; Rathod, R.H.; Huang, X.; Billiar, K.L.; Tang, D. Patient-specific
in vivo right ventricle material parameter estimation for patients with tetralogy of Fallot using MRI-based models with different
zero-load diastole and systole morphologies. Int. J. Cardiol. 2019, 276, 93–99. [CrossRef]

69. Affagard, J.S.; Feissel, P.; Bensamoun, S.F. Identification of hyperelastic properties of passive thigh muscle under compression
with an inverse method from a displacement field measurement. J. Biomech. 2015, 48, 4081–4086. [CrossRef]

70. Tran, H.V.; Charleux, F.; Rachik, M.; Ehrlacher, A.; Ho Ba Tho, M.C. In vivo characterization of the mechanical properties of
human skin derived from MRI and indentation techniques. Comput. Methods Biomech. Biomed. Eng. 2007, 10, 401–407. [CrossRef]

71. Moerman, K.M.; Holt, C.A.; Evans, S.L.; Simms, C.K. Digital image correlation and finite element modelling as a method to
determine mechanical properties of human soft tissue in vivo. J. Biomech. 2009, 42, 1150–1153. [CrossRef]

72. Meuwissen, M.H.H.; Oomens, C.W.J.; Baaijens, F.P.T.; Petterson, R.; Janssen, J.D. Determination of the elasto-plastic properties of
aluminium using a mixed numerical–experimental method. J. Mater Process. Technol. 1998, 75, 204–211. [CrossRef]

73. Davis, F.M.; Luo, Y.; Avril, S.; Duprey, A.; Lu, J. Local mechanical properties of human ascending thoracic aneurysms. J. Mech.
Behav. Biomed. Mater. 2016, 61, 235–249. [CrossRef] [PubMed]

74. Roach, M.R.; Burton, A.C. The reason for the shape of the distensibility curves of arteries. Can. J. Biochem. Physiol. 1957, 35,
681–690. [CrossRef] [PubMed]

75. Tremblay, D.; Cartier, R.; Mongrain, R.; Leask, R.L. Regional dependency of the vascular smooth muscle cell contribution to the
mechanical properties of the pig ascending aortic tissue. J. Biomech. 2010, 43, 2448–2451. [CrossRef]

76. Fung, Y.C.; Liu, S.Q. Strain distribution in small blood vessel with zero-stress state taken into consideration. Am. J. Physiol. 1992,
262, 544–552. [CrossRef] [PubMed]

77. Ohayon, J.; Dubreuil, O.; Tracqui, P.; Le Floc’h, S.; Rioufol, G.; Chalabreysse, L.; Thivolet, F.; Pettigrew, R.I.; Finet, G. Influence of
residual stress/strain on the biomechanical stability of vulnerable coronary plaques: Potential impact for evaluating the risk of
plaque rupture. Am. J. Physiol. Heart Circ. Physiol. 2007, 293, 1987–1996. [CrossRef]

78. Singh, T.P.; Moxon, J.V.; Gasser, T.C.; Golledge, J. Systematic Review and Meta-Analysis of Peak Wall Stress and Peak Wall
Rupture Index in Ruptured and Asymptomatic Intact Abdominal Aortic Aneurysms. J. Am. Heart Assoc. 2021, 10, e019772.
[CrossRef] [PubMed]

79. Zhao, S.; Wu, W.; Samant, S.; Khan, B.; Kassab, G.S.; Watanabe, Y.; Murasato, Y.; Sharzehee, M.; Makadia, J.; Zolty, D.; et al.
Patient-specific computational simulation of coronary artery bifurcation stenting. Sci. Rep. 2021, 11, 16486. [CrossRef]

95



Citation: Lv, R.; Wang, L.; Maehara,

A.; Matsumura, M.; Guo, X.; Samady,

H.; Giddens, D.P.; Zheng, J.; Mintz,

G.S.; Tang, D. Combining IVUS +

OCT Data, Biomechanical Models

and Machine Learning Method for

Accurate Coronary Plaque

Morphology Quantification and Cap

Thickness and Stress/Strain Index

Predictions. J. Funct. Biomater. 2023,

14, 41. https://doi.org/10.3390/

jfb14010041

Academic Editor: Mahdi Bodaghi

Received: 27 November 2022

Revised: 25 December 2022

Accepted: 9 January 2023

Published: 11 January 2023

Copyright: © 2023 by the authors.

Licensee MDPI, Basel, Switzerland.

This article is an open access article

distributed under the terms and

conditions of the Creative Commons

Attribution (CC BY) license (https://

creativecommons.org/licenses/by/

4.0/).

Journal of 

Functional

Biomaterials

Article

Combining IVUS + OCT Data, Biomechanical Models and
Machine Learning Method for Accurate Coronary Plaque
Morphology Quantification and Cap Thickness and
Stress/Strain Index Predictions

Rui Lv 1, Liang Wang 1,*, Akiko Maehara 2, Mitsuaki Matsumura 2, Xiaoya Guo 3, Habib Samady 4,

Don P. Giddens 4,5, Jie Zheng 6, Gary S. Mintz 2 and Dalin Tang 1,7,*

1 School of Biological Science and Medical Engineering, Southeast University, Nanjing 210096, China
2 The Cardiovascular Research Foundation, Columbia University, New York, NY 10019, USA
3 School of Science, Nanjing University of Posts and Telecommunications, Nanjing 210023, China
4 Department of Medicine, Emory University School of Medicine, Atlanta, GA 30322, USA
5 The Wallace H. Coulter Department of Biomedical Engineering, Georgia Institute of Technology,

Atlanta, GA 30332, USA
6 Mallinckrodt Institute of Radiology, Washington University, St. Louis, MO 63110, USA
7 Mathematical Sciences Department, Worcester Polytechnic Institute, Worcester, MA 01609, USA
* Correspondence: liangwang@seu.edu.cn (L.W.); dtang@wpi.edu (D.T.); Tel.: +1-508-831-5332 (D.T.)

Abstract: Assessment and prediction of vulnerable plaque progression and rupture risk are of
utmost importance for diagnosis, management and treatment of cardiovascular diseases and possible
prevention of acute cardiovascular events such as heart attack and stroke. However, accurate
assessment of plaque vulnerability assessment and prediction of its future changes require accurate
plaque cap thickness, tissue component and structure quantifications and mechanical stress/strain
calculations. Multi-modality intravascular ultrasound (IVUS), optical coherence tomography (OCT)
and angiography image data with follow-up were acquired from ten patients to obtain accurate
and reliable plaque morphology for model construction. Three-dimensional thin-slice finite element
models were constructed for 228 matched IVUS + OCT slices to obtain plaque stress/strain data for
analysis. Quantitative plaque cap thickness and stress/strain indices were introduced as substitute
quantitative plaque vulnerability indices (PVIs) and a machine learning method (random forest)
was employed to predict PVI changes with actual patient IVUS + OCT follow-up data as the gold
standard. Our prediction results showed that optimal prediction accuracies for changes in cap-
PVI (C-PVI), mean cap stress PVI (meanS-PVI) and mean cap strain PVI (meanSn-PVI) were 90.3%
(AUC = 0.877), 85.6% (AUC = 0.867) and 83.3% (AUC = 0.809), respectively. The improvements in
prediction accuracy by the best combination predictor over the best single predictor were 6.6% for
C-PVI, 10.0% for mean S-PVI and 8.0% for mean Sn-PVI. Our results demonstrated the potential
using multi-modality IVUS + OCT image to accurately and efficiently predict plaque cap thickness
and stress/strain index changes. Combining mechanical and morphological predictors may lead to
better prediction accuracies.

Keywords: coronary vulnerable plaque; plaque models; fibrous cap thickness; vulnerable plaque
model; plaque vulnerability prediction

1. Introduction

Vulnerable plaque progression and rupture are closely related to cardiovascular dis-
ease which is the leading cause of death worldwide [1]. Accurate assessment of plaque cap
thickness and prediction require accurate plaque tissue component and structure quan-
tifications and mechanical stress/strain calculations. Plaque vulnerability is commonly
understood as the likelihood of a plaque rupture causing drastic clinical events such as
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heart attack or stroke. While plaque vulnerability is a well-known concept, its quantitative
measure is nearly impossible due to lack of plaque rupture and clinical data, which hinders
its application in clinical scenarios. American Heart Association (AHA) classified plaques
into Types I-VI based on histological data [2,3]. The AHA plaque classifications have been
considered as the gold standard in the research community. However, it is of qualitative
nature and not convenient for quantitative vulnerability tracking and predictions. Some
morphological and biomechanical plaque vulnerability indices (PVIs) have been introduced
based on imaging data and biomechanical factors to overcome this limitation [4,5]. Tang
et al. introduced a stress-based PVI (SPVI) using 34 in vivo magnetic resonance imaging
(MRI) slices from 14 human coronary plaque samples. Their SPVI plaque vulnerability
assessment had an 85% agreement rate with assessment performed by histopathological
analysis [4]. Goncalves et al. introduced a vulnerability index (VI) and calculated VI
values for 194 patients based on histological analysis. Their follow-up data (60 months,
45 postoperative cardiovascular events registered) showed that patients with a plaque VI in
the fourth quartile compared with the first to third quartiles had significantly higher risk to
suffer from a future cardiovascular event (p = 0.0002) [5]. Wang L et al. used intravascular
ultrasound (IVUS)-based morphology PVI to assess and predict plaque vulnerability [6].
Due to MRI and IVUS image resolution limitations and difficulty in recruiting large number
of patients with follow-up data, accurate and reliable plaque cap thickness measurements
are still difficult to obtain in vivo and PVIs still require more effort to obtain acceptance in
research community and clinical practice.

Accurate and reliable image data have been employed to visualize plaque morphol-
ogy and serve as the basis for plaque cap thickness predictions. Atherosclerotic plaque
progression is a long and slow process lasting some 30 to 50+ years. Rapid plaque progres-
sion could also be caused by plaque destabilization followed by thrombus formation and
subsequent healing. From available patient follow-up data, plaque vessel wall thickness
changes were mostly under 100 μm in a year [7]. With a 150–200 μm resolution from IVUS
and 200–300 μm resolution from MRI, plaque progression and morphology changes cannot
be quantified for prediction with admissible reliability and accuracy. With its superior reso-
lution of approximately 10 μm, optical coherence tomography (OCT) is able to detect thin
fibrous cap (the well-known 65 μm threshold cap thickness) of vulnerable plaques [3,8,9].
Liu et al. further demonstrated that plaques with thinner fibrous cap had higher probability
to have plaque rupture and thrombosis events [10]. Reith et al. determined that compared
to patients with stable angina pectoris, patients with acute coronary syndrome tended
to have a smaller minimal fibrous cap thickness within lipid-rich lesions [11]. Among
the morphological factors characterizing vulnerable plaques such as positive remodeling,
large lipid size, and macrophages infiltration, plaque cap thickness is one of the most-
watched measurable characteristics for plaque prone to rupture. Efforts combining IVUS
and OCT to study vulnerable plaques have been reported, and impressive results suggest
that integrating two imaging modalities could be used for more accurate cap stress/strain
calculations and to better evaluate plaque progression and regression [12,13]. Therefore, it
can be considered that the IVUS + OCT merged data could provide detailed plaque mor-
phological information (especially cap thickness) which forms a reliable basis for further
biomechanical analysis and cap thickness and stress/strain index change predictions.

It has been hypothesized that mechanical forces play an important role in plaque
progression and rupture [14–16]. From a mechanical point of view, rupture occurs when
plaque stress and strain at the fibrous cap exceed its tensile strength. Therefore, precise
plaque stress and strain conditions may be helpful in predicting plaque rupture and critical
clinical events [17,18]. Schaar et al. defined a vulnerable plaque as a plaque with a high
strain region at the surface with adjacent low strain regions [19]. In addition, Zhang et al.
calculated strain from in vivo image for the assessment of vulnerable plaques [20]. With
the help of different evaluation methods, stress/strain variables under different definitions
were calculated to detect vulnerable plaques and assess their vulnerability [4,21,22]. Those
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studies suggested that plaque stress and strain are closely related to plaque behaviors and
could be utilized in vulnerability predictions.

In the field of predicting plaque behaviors, most of the references adopt mixed-
effect logistic regression models or Cox regression models (proportional risk regression
model) [23,24]. Recently, machine learning approaches were employed in plaque progres-
sion prediction studies due to their strong predictive power and time efficiency [25]. A
risk stratification model based on machine learning was used to predict all-cause death,
recurrent acute myocardial infarction, and massive hemorrhage after acute coronary syn-
drome [26]. Lin et al. developed and validated a deep learning algorithm based on face
photos to evaluate the relationship between face features and CAD [27]. By classifying
the behavior of plaques, Lv et al. successfully performed a binary prediction of plaque
progression based on the generalized linear mixed model and the least squares support
vector machine [28].

Plaque vulnerability quantification and predictions have several challenges: (a) lack
of rupture and clinical data to establish the gold standard for assessment and prediction;
(b) selection of proper predictors, vulnerability measurements and indices to perform
predictions; (c) proper biomechanical models with acceptable labor cost for potential
clinical implementations. With considerable effort, we have obtained multi-modality
images from ten patients with follow-up scan. The data set for each patient include
IVUS + OCT + Angiography data at both baseline and follow-up. IVUS + OCT (IO) data
provide us with reliable and accurate plaque morphologies which is the basis for modeling
and prediction effort. Without plaque rupture and clinical events to serve as the gold
standard, a cap thickness-based plaque vulnerability index (C-PVI) was introduced using
IO data to serve as an alternative gold standard in this paper. While this is not the best
“gold standard”, it is measurable in vivo with OCT accuracy and has the potential to be
implemented in clinical practice. Several stress- and strain-based PVIs were introduced and
their prediction results were compared. Time-saving 3D thin-slice models were constructed
to obtain plaque stress/strain values. Values of nine morphological and biomechanical
risk factors (list to be provided later) were extracted from IO images and computational
models and used for prediction analysis. The random forest (RF) was adopted in this paper
to predict the binary outcomes of PVI changes from baseline to follow-up. Results were
compared and analyzed to identify the best single and combination predictors and the best
performing PVI(s).

2. Materials and Methods

2.1. Data Acquisition, Segmentation, Slice Co-Registration and Merging

Existing de-identified IVUS, OCT and angiography data with follow-up from
10 patients (4F; mean age 70.4) were obtained from Cardiovascular Research Founda-
tion (CRF), Columbia University, New York, NY, USA. Data were collected between April
2017 and November 2018 (mean follow-up time: 251 days) using protocol approved by
local institutional review board following the rules of the Declaration of Helsinki of 1975,
with informed consent obtained. Ten patients with stable angina pectoris were selected
for analysis. Patients with acute coronary syndrome, severe calcified lesion, chronic total
occlusion, or chronic kidney disease (Cr > 1.5 mg/dL) were excluded. Patient demographic
data are shown in Table 1. Patient’s arm blood pressure was collected and used as pressure
conditions in computational models. OCT images of coronary arteries were acquired using
commercially available ILUMIEN OPTIS System (St. Jude Medical, Westford, MA, USA).
IVUS imaging was performed using OptiCross System (OptiCross, Boston Scientific Corpo-
ration, Natick, MA, USA) with a 40 MHz IVUS catheter motorized pullback at 0.5 mm/s.
Coronary angiography data were obtained for both baseline and follow-up.

Co-registration of IVUS and OCT slices was performed by using fiduciary points
such as side branches, bifurcations, and calcifications with the assistance of coronary
angiography images (matched IVUS and OCT, matched baseline and follow-up) [29]
(see Figure 1). Then, by mapping IVUS and OCT frames to the same coronary vessel
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segment, IVUS and OCT segmented slices were merged together to form IO slices to extract
geometric contours for model construction and analysis (See Figure 2). OCT provided
accurate information for plaque cap, lumen and calcification region. Plaque components
included: (1) fibrous tissue (homogeneous, high backscattering region); (2) lipid-rich core
(low-signal region with diffuse border) and (3) calcification (low backscattering region
with sharp border). For large lipid components with a thin fibrous cap, OCT can “see” the
cap clearly, but may not detect the lipid border far away from lumen due to its limited
penetration. In that case, IVUS was used to obtain the lipid out-border and vessel outer-
boundary. Segmentation was performed by ImageJ 1.52v software. One hundred and
fourteen matched IO slices at baseline and follow-up (228 IO slices in total) were obtained
from the ten patients to quantify plaque morphology and track cap thickness changes.
More details about extracting plaque morphological and mechanical stress and strain data
are given in Section 2.2. Sample slices with segmented contours for IVUS and OCT images
were provided as supplemental material.

Table 1. Patient demographic data. F: female; M: male; BP: blood pressure; HT: hypertension; DM:
diabetes mellitus; HL: hyperlipidemia; FU: follow-up.

Patient ID Age Sex BP (mmHg) Diagnosis History FU Days

P1 80 F 71–138 HT DM 304
P2 70 M 84–155 HT 273
P3 65 F 63–149 DM 220
P4 66 M 89–150 DM 290
P5 81 M 69–112 HT 182
P6 73 M 55–150 HT HL 248
P7 74 F 62–151 HT DM HL 244
P8 62 F 79–117 HL 195
P9 61 M 78–128 HT DM HL 283
P10 72 M 80–143 HT DM HL 272

Figure 1. Registration of baseline and follow-up vessel segment using landmarks and vessel fea-
tures (bifurcation, stenosis, and plaque components from IVUS/OCT). Only angiography is shown.
(a) Baseline angiography; (b) Follow-up angiography. 1: left circumflex artery ostium, 2: 1st obtuse
marginal branch, 3: 2nd obtuse marginal branch, 4: IVUS analysis start point, 5: OCT analysis
start point.
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Figure 2. Merging OCT and IVUS contours to generate combined IVUS + OCT slice with contours.
(a) IVUS images; (b) IVUS segmentation; (c) IVUS segmented contours; (d) Merge IVUS and OCT;
(e) OCT image; (f) OCT segmentation; (g) OCT contours; (h) Merged IVUS + OCT slice with contours.
Red: lipid; Green: outer-boundary; Blue: lumen; Black: calcification (Ca).

2.2. Thin-Slice Models, Morphological and Biomechanical Predictors, Data Extraction for Analysis

Three-dimensional (3D) thin-slice models were used to obtain plaque stress and strain
data which will be used in plaque vulnerability predictions. A thickness of 0.5 mm was
added to each IO slice to reconstruct the plaque geometry of 3D thin-slice model. A total of
228 models were constructed at baseline and follow-up. Under in vivo condition, arteries
were subjected to blood pressure and axially stretched. Computational 3D thin-slice models
need to start from zero-load geometries with zero pressure and stress/strain conditions.
Therefore, axial and circumferential shrinking was applied to in vivo IO slices to obtain their
zero-load state. Axial shrinkage was assumed to be 5% for all plaques while circumferential
shrinkage rate was determined for each slice to match its in vivo morphology. Details of
the pre-shrink–stretch process were described in our previous studies [30–32]. Vessel tissue
was assumed to be hyperelastic, anisotropic, nearly-incompressible, and homogeneous.
Plaque components (lipid and calcification) were assumed to be hyperelastic, isotropic,
and nearly-incompressible [13]. The strain energy density functions for the isotropic and
anisotropic modified Mooney–Rivlin material models are given below:

Wiso = c1(I1 − 3) + c2(I2 − 3) + D1[exp(D2(I1 − 3))− 1], (1)

Waniso = Wiso +
K1

K2
{exp[K2(I4 − 1)2]− 1}, (2)

where I1 = ∑(Cii), I2 = 1
2
[
I2
1 − CijCij

]
, I1 and I2 are the first and second invariants of

right Cauchy–Green deformation tensor C =
[
Cij
]
= XTX, X =

[
Xij
]
=
[
∂xi/∂aj

]
,

(xi) is current position,
(
aj
)

is original position, I4 = Cij(nc)i(nc)j, nc is the unit vec-
tor in the circumferential direction of the vessel, c1, c2, D1, D2, K1 and K2 are material
parameters. Material constants of isotropic Mooney–Rivlin model from the existing lit-
erature were used: Lipid: c1 = 0.5 kPa, c2 = 0 kPa, D1 = 0.5 kPa, D2 = 1.5; Calcification:
c1 = 92 kPa, c2 = 0 kPa, D1 = 36 kPa and D2 = 2.0; Vessel/Fibrous tissue: c1 = −262.6 kPa,
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c2 = 22.9 kPa, D1 = 125.9 kPa, D2 = 2.0, K1 = 7.19 kPa, K2 = 23.5 [13]. The 3D thin-slice
models were solved by a finite element software ADINA 9.0 (Adina R&D, Watertown, MA,
USA) to obtain plaque stress/strain distributions following our established procedures [31].
Nonlinear incremental iterative procedures were used to solve the models. Mesh analysis
was performed by refining mesh density by 10% until changes in solutions became less
than 2%.

Nine morphological and mechanical risk factors were selected as predictors to predict
plaque vulnerability changes from baseline to follow-up: lumen area (LA), plaque area
(PA), plaque burden (PB), minimum cap thickness (MinCapT), mean cap thickness (Mean-
CapT), maximum cap stress (MaxCapS), mean cap stress (MeanCapS), maximum cap strain
(MaxCapSn), and mean cap strain (MeanCapSn). PB was defined as

PB =
PA

PA + LA
, (3)

where PA is the area between the outer boundary contour and lumen contour and LA is
the area inside lumen contour (see Figure 3). Values of the risk factors were extracted for
each slice using a Four-Quarter Even-Spacing method [31,32]. For each matched slice, 100
evenly spaced points from the lumen were selected and morphological and biomechanical
factors from the IO slice and 3D thin-slice model at each point were obtained for analysis.
Figure 3b shows a simple illustration of the method. Data extraction of the nine risk
factors and following statistical analysis were implemented by MATLAB (MATLAB R2018a,
MathWorks, Natick, MA, USA).

Figure 3. Illustration of slice contours, sample slices with Four-Quarter Even-Spacing method
showing the definition and extraction of morphological and mechanical predictor data. (a) Segmented
IO slice; (b) Four-Quarter Even-Spacing method. Bold black line shows the minimum cap thickness;
(c) Stress result under maximum pressure; (d) Strain result under maximum pressure.

2.3. Plaque Vulnerability Indices
2.3.1. Cap Thickness Plaque Vulnerability Index (C-PVI)

Wang L et al. introduced 3 morphology-based indices (cap index, lipid index, and
morphological index) and predicted their changes using patient IVUS follow-up data [6].
IO data can provide accurate cap thickness data, but there is no reliable information on
lipid size. Bearing those in mind, and with the assumption that plaque rupture may be
linked most closely to minimum cap thickness, C-PVI was introduced using MinCapT
as a quantitative measure for plaque vulnerability with values 1, 2, 3 and 4 (see Table 2).
Category 4 (C-PVI = 4) has the thinnest fibrous cap thickness, while Category 1 (C-PVI = 1)
has the thickest fibrous cap thickness. Slice distributions for the 4 C-PVI values are given in
Table 2. The cap thickness interval for each C-PVI value was chosen so that each category
had some samples [33]. Some explanation is given in Section 4.1.
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Table 2. Cap- and Stress/Strain-based PVI definitions and slice divisions by PVI values.

PVI Index Values 1 2 3 4

C-PVI Min-CapT Range (mm) (0.36, 2) (0.26, 0.36] (0.20, 0.26] (0.0, 0.20]
Slice Distributions 79 21 7 7
MaxS-PVI Max Stress Range (kPa) (20, 80] (80, 101] (101, 110] (110, ∞)
Slice Distributions 73 22 8 11
MeanS-PVI Mean Stress Range (kPa) (20, 70] (70, 88] (88, 93] (93, ∞)
Slice Distributions 82 23 8 1
MaxSn-PVI Max Strain Range (0.05,0.17] (0.17,0.18] (0.18,0.2] (0.2, ∞)
Slice Distributions 80 15 13 6
MeanSn-PVI Mean Strain Range (0.05,0.18] (0.18,0.2] (0.2,0.21] (0.21, ∞)
Slice Distributions 95 13 3 3

2.3.2. Stress Plaque Vulnerability Index (S-PVI)

It is believed that plaque cap stress is closely related to plaque progression rupture
and could be used as another measurement for plaque vulnerability. Two stress-based
plaque vulnerability indices (S-PVI) were introduced in this paper for our quantitative
vulnerability analysis: one is based on MaxCapS denoted by MaxS-PVI, one is based on
MeanCapS denoted by MeanS-PVI. Stress intervals for each index values are given in
Table 2. Stress interval divisions were determined so that these index values had the best
match rate with C-PVI. MaxS-PVI was introduced since plaque rupture is closely linked to
MaxCapS. MeanS-PVI is also considered since MeanCapS is an averaged stress value and
may provide plaque stress information in a more collective way. Both stress-based indices
were used for plaque vulnerability investigation in this paper to compare which one will
provide better prediction results.

2.3.3. Strain Plaque Vulnerability Index (Sn-PVI)

While most researchers concentrated on plaque stress (more focused on cap stress)
for vulnerable plaque investigations, plaque cap strain measures whether plaque cap is
stretched hard and may be a better indicator for cap mechanical conditions and plaque
vulnerability. Similar to stress indices, two strain-based plaque vulnerability indices (Sn-
PVI) were introduced in this paper for analysis: one is based on MaxCapSn denoted by
MaxSn-PVI, one is based on MeanCapSn denoted by MeanSn-PVI. Strain intervals for each
index values are given in Table 2. All arrangements for strain indices were similar to those
for stress indices and are omitted for simplicity.

2.3.4. Prediction Methods and Plaque Vulnerability Predictions

All possible combinations (511 combinations) of the nine risk factors (see Section 2.2)
with their values at baseline were used to predict 5 PVI changes. PVI changes were
measured by changes in PVI between baseline and follow-up. Using C-PVI as an example
for illustration, C-PVI change (ΔC-PVI) between baseline and follow-up for a given IO slice
was defined as

ΔC-PVI(Slice #) = (C-PVI at follow-up)− (C-PVI at baseline). (4)

For simplicity, its binary outcomes BΔC-PVI (defined below) served as the target
variable in our prediction models:

BΔC-PVI(Slice #) =
{

1, if ΔC-PVI > 0;
−1, if ΔC-PVI ≤ 0.

(5)

The same definition was used for other 4 PVIs. For each PVI, the values of the 9 risk
factors at baseline and the PVI change binary outcomes of 114 slices were stored in a
10 × 114 matrix which was used as input file for the prediction methods. The RF was
adopted in this paper to perform prediction. Figure 4 shows the schematic diagram of RF
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model. In each test, 9 risk factors and the PVI change binary outcomes from 114 slices were
fed to the RF method. A standard five-fold cross-validation procedure was performed for
model fitting and testing [31]. To be more specific, the data set (114 slices with baseline and
follow-up scans) was randomly divided into five equal parts, with four parts used as the
training set and the remaining one part used as the validation set. Then, the RF method
was run five times so that each of the five parts had a chance to serve as the validation
set. This five-fold cross-validation procedure was repeated 100 times (each time with new
randomly divided 5 parts), and the results were averaged to obtain stable and accurate
prediction results. The RF method was implemented by calling TreeBagger function in
MATLAB (v2018 The MathWorks Inc., Natick, MA, USA). The number of trees in random
forest was set to 50 since the prediction results (sensitivity and specificity) become stable,
and further increase in the number (doubling) showed little difference in results. The
procedure was repeated 100 times and the results were averaged to stabilize the prediction
results. The output of the prediction was a True or False value (defined as True = ΔPVI > 0
and False = ΔPVI ≤ 0) corresponding to the optimal cutoff threshold probability) for each
slice of the test set. The prediction results were compared with actual measurements of
PVI changes based on IO image data (gold standard) to calculate prediction accuracy (Acc),
sensitivity (Sen), and specificity (Spe) defined as follows:

Acc =
TP + TN

TP + FP + TN + FN
, (6)

Sen =
TP

TP + FN
, (7)

Spe =
TN

TN + FP
, (8)

where TP is the number of true positive outcomes (ΔPVI > 0 predicted as such), FP is the
number of false positive outcomes (ΔPVI ≤ 0 predicted as ΔPVI > 0), TN is the number
of true negative outcomes (ΔPVI ≤ 0 predicted as such), and FN is the number of false
negative outcomes (ΔPVI > 0 predicted as ΔPVI ≤ 0). The abscissa of the receiver operating
characteristic (ROC) curve is “1-Specificity” and the ordinate is Sensitivity. The area under
ROC curve is the value of AUC. Five PVIs (C-PVI, 2 S-PVIs, and 2 Sn-PVIs) were used
to identify which one would have better prediction accuracies. Details of the prediction
methods and procedures were published before and are omitted here [34].

 

Figure 4. The schematic diagram of random forest model.
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3. Results

3.1. Prediction Results for the 5 PVIs Using Combination Predictors

Table 3 lists the prediction accuracy, sensitivity, specificity, and AUC of the respec-
tive optimal combination predictors for the five PVIs. Among the five PVIs, C-PVI
had the best prediction accuracy (90.3%) with the optimal predictor as a combination
of PA + PB + MinCapT + MeanCapT + MeanCapSn. It also had the best specificity (95.8%).
However, its sensitivity was only 56.7%. MaxSn-PVI had the best AUC (0.935) and
the best Sensitivity + Specificity (1.745), with the optimal predictor as a combination
of LA + PA + MaxCapSn. Its ROC curve is shown by Figure 5.

Table 3. Combination predictor prediction accuracy, sensitivity, specificity and AUC values for the 5
PVIs considered.

PVI Index Best Predictor Acc Sen Spe Sen + Spe AUC

C-PVI PA + PB + MinCapT + MeanCapT + MeanCapSn 0.903 0.567 0.958 1.525 0.877
MaxS-PVI MinCapT + MeanCapT + MaxCapS 0.779 0.617 0.844 1.461 0.776
MeanS-PVI PA + MeanCapS 0.856 0.730 0.888 1.617 0.867
MaxSn-PVI LA + PA + MaxCapSn 0.871 0.876 0.869 1.745 0.935
MeanSn-PVI PA + PB + MaxCapSn + MeanCapSn 0.833 0.568 0.876 1.444 0.809

Note: Total number of slices with ΔC-PVI > 0 = 16; Total number of slices with ΔC-PVI ≤ 0 = 98.

Figure 5. ROC curve with AUC = 0.935 for prediction of ΔMaxSn-PVI.

3.2. Prediction Results for the 5 PVIs Using Single Predictors

Prediction results of the nine single predictors for the five PVIs are shown in Table 4.
Only one single predictor was used in each prediction here. Among the five PVIs, MaxSn-
PVI had the best performance with MaxCapSn delivering best prediction AUC (0.909) and
accuracy (79.8%). Among all nine predictors for C-PVI, PB had the best pre-diction accuracy
(83.7%) and AUC (0.827). The two stress-based PVIs had lower pre-diction accuracies and
AUC values. The best single predictor for MaxS-PVI was MeanCapT with accuracy of
65.4% and AUC 0.675. The best single predictor for MeanS-PVI was PA with accuracy of
75.6% and AUC 0.781.
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Table 4. Single predictor prediction accuracy, sensitivity, specificity and AUC values for the
5 PVIs considered.

C-PVI MaxS-PVI

Predictor (Acc, Sen, Spe, AUC) Predictor (Acc, Sen, Spe, AUC)
LA (0.702, 0.136, 0.794, 0.416) LA (0.566, 0.288, 0.679, 0.483)
PA (0.738, 0.068, 0.847, 0.434) PA (0.568, 0.309, 0.674, 0.465)
PB (0.837, 0.702, 0.859, 0.827) PB (0.634, 0.445, 0.711, 0.632)
MinCapT (0.756, 0.199, 0.847, 0.674) MinCapT (0.506, 0.351, 0.569, 0.463)
MeanCapT (0.696, 0.220, 0.774, 0.571) MeanCapT (0.654, 0.388, 0.762, 0.675)
MaxCapS (0.715, 0.235, 0.793, 0.524) MaxCapS (0.600, 0.323, 0.713, 0.610)
MeanCapS (0.789, 0.279, 0.872, 0.687) MeanCapS (0.451, 0.184, 0.559, 0.356)
MaxCapSn (0.778, 0.293, 0.858, 0.672) MaxCapSn (0.559, 0.349, 0.644, 0.486)
MeanCapSn (0.785, 0.177, 0.885, 0.603) MeanCapSn (0.587, 0.386, 0.669, 0.540)

MeanS-PVI MaxSn-PVI

Predictor (Acc, Sen, Spe, AUC) Predictor (Acc, Sen, Spe, AUC)
LA (0.735, 0.316, 0.841, 0.664) LA (0.576, 0.551, 0.587, 0.627)
PA (0.756, 0.513, 0.818, 0.781) PA (0.704, 0.535, 0.776, 0.699)
PB (0.676, 0.355, 0.757, 0.640) PB (0.615, 0.302, 0.749, 0.523)
MinCapT (0.704, 0.171, 0.839, 0.509) MinCapT (0.498, 0.353, 0.560, 0.474)
MeanCapT (0.564, 0.238, 0.646, 0.436) MeanCapT (0.521, 0.331, 0.602, 0.504)
MaxCapS (0.646, 0.179, 0.764, 0.492) MaxCapS (0.641, 0.506, 0.698, 0.641)
MeanCapS (0.580, 0.294, 0.653, 0.513) MeanCapS (0.606, 0.422, 0.684, 0.543)
MaxCapSn (0.717, 0.277, 0.828, 0.660) MaxCapSn (0.798, 0.593, 0.885, 0.909)
MeanCapSn (0.716, 0.403, 0.795, 0.628) MeanCapSn (0.623, 0.306, 0.757, 0.585)

MeanSn-PVI

Predictor (Acc, Sen, Spe, AUC) Predictor (Acc, Sen, Spe, AUC)
LA (0.743, 0.047, 0.857, 0.508) PA (0.734, 0.200, 0.821, 0.451)
PB (0.748, 0.361, 0.811, 0.579) MinCapT (0.710, 0.201, 0.793, 0.560)
MeanCapT (0.714, 0.306, 0.781, 0.587) MaxCapS (0.701, 0.041, 0.808, 0.326)
MeanCapS (0.715, 0.168, 0.805, 0.477) MaxCapSn (0.753, 0.266, 0.833, 0.693)
MeanCapSn (0.659, 0.518, 0.682, 0.650)

3.3. Combination Predictors Had Better Prediction Accuracies Than Those from Single Predictors

Figure 6 presents prediction accuracies of the best combination predictors and the best
single predictors for the five PVIs. For C-PVI, the best combination predictor increased
accuracy by 6.6% compared to the best single predictor (90.3% vs. 83.7%). For MaxS-PVI,
the best combination predictor had a prediction accuracy which was 12.5% over that of the
best single predictor (77.9% vs. 65.4%). For MeanS-PVI, the improvement of accuracy by
the best combination predictor over the best single predictor was 10.0% (85.6% vs. 75.6%).
Considering MaxSn-PVI and MeanSn-PVI, the best combination predictors improved pre-
dictor accuracies by 7.3% and 8.0% over those from the best single predictors, respectively
(87.1% vs. 79.8%, and 83.3% vs. 75.3%). AUC values by the best combination predictors
also improved over the best single predictors by 0.050, 0.101, 0.086, 0.026, and 0.116 for the
five PVIs, respectively (see Figure 7). Overall, it was observed that prediction accuracies of
the best combination predictors were higher than those from the best single predictors.
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Figure 6. Comparison of prediction accuracies by best combination and single predictors for the
five PVIs. Best combination predictors are provided in Table 3, and best single predictors are PB,
MeanCapT, PA, MaxCapSn and MaxCapSn, respectively.

 
Figure 7. Comparison of AUC values by best combination and single predictors for the five PVIs.
Best combination predictors are provided in Table 3, and best single predictors are PB, MeanCapT,
PA, MaxCapSn and MaxCapSn, respectively.

4. Discussion

As important as vulnerable plaque research is to the health of the general public,
progress has been limited by several key factors: (a) lack of quantitative measure of
plaque vulnerability; without quantitative measure, it is hard to say whether plaque
vulnerability is improving or not and it is difficult to perform prediction analysis; (b) lack
of accurate medical images with acceptable resolution to provide exact plaque morphology
for assessment and mechanical model construction; (c) lack of “gold standard” for plaque
rupture or clinical events to validate plaque progression and vulnerability predictions. In
the following, we will attempt to discuss the ways in which we tried to address those
limitations in this paper.

4.1. Introducing Quantitative Plaque Vulnerability Indices for Vulnerability Predictions

Our research effort has been focused on introducing morphological and mechanical
indices for plaque classification, comparison, and prediction [4,6]. Five PVIs were intro-
duced in this paper as measures of plaque vulnerability. With the high resolution from OCT,
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C-PVI was considered the “gold standard”. Our criterion for an index was that it should
be based on reliable data and it should be measurable. While C-PVI may be missing some
other important factors such as cell activities on the lumen surface (inflammation, erosion),
it focuses on cap thickness which may be one of the most watched items for vulnerable
plaques. Stress and strain indices were included because we do believe that mechanical
forces play an important role in plaque progression and rupture and monitoring them may
provide useful information which is not included in plaque morphology alone. Our results
actually demonstrated that strain-based PVIs had better prediction accuracy compared to
stress-based PVIs (see Table 3).

Compared with the current literature, Mortensen et al. noted that PB may be a major
predictor of cardiovascular event and mortality risk compared to coronary stenosis [35].
The prediction results using PB for C-PVI changes (Accuracy = 83.7%, see Table 4) are in
good agreement with the statement, and the best combined predictive accuracy achieved
90.3%. It should be noted that due to our data limitation, the cap thickness threshold for
category 4 plaque was set to 0.2 mm in Table 2 instead of the generally accepted threshold
(65 μm) of vulnerable plaques. This value was chosen for two reasons: (1) It is larger than
65 μm used in other studies based on ex vivo histology data. This is reasonable since
the fibrous cap thickness in in vivo data is higher than that in histological sections [36];
(2) We could have some number of slices in Category 4 when 0.2 mm was selected. If 65 μm
threshold was adopted, the number of Category 4 plaques in our data set would be zero and
prediction analysis would not be possible. Hence, the well-accepted cap thickness of 65 μm
for highly vulnerable plaques was not adopted due to realistic in vivo data limitations
compared to results based on histological data [3]. Another point to note is that if a slice
does not have a lipid core, then the slice does not have a fibrous cap and is not included in
the data set in this work.

In mechanics, various evidences indicated that high plaque stresses are indeed linked
to plaque rupture which is more likely to occur near thin fibrous cap, so the cap position
should attract more attention [4,17]. By setting fibrous cap and its shoulder as critical
region, Wang L et al. clearly explained the use of morphological factors and S-PVI to
predict plaque composition changes [37]. For MeanS-PVI, the accuracy of the single
predictor (PA) was 75.6%, but the optimal combination predictor was 85.6%, showing
a significant improvement. Numerous studies have attempted to establish a solid link
between plaque strain values and their vulnerability by solving circumferential strain
directly from in vivo images [21]. Since in vivo images do not have zero-load state, strain
values calculated using in vivo images used a difference reference frame and would be
smaller than true strain values using zero-load reference frames [21,22]. Our models
included a pre-shrink–stretch process and stress/strain were calculated using plaque zero-
load geometries. Caution should be exercised when comparing results from models with
different model assumptions.

4.2. Predicting PVI Changes Based on Accurate and Reliable OCT-Based Data

It has been mentioned that IVUS resolution is not enough to quantify thin plaque
cap thickness and plaque progression, meanwhile the thin cap thickness and plaque wall
thickness changes in follow-up are normally smaller than the IVUS resolution. Those limi-
tations are the reason behind IVUS-based vulnerable plaque progression and vulnerability
prediction results possibly being subjected to large errors. Using IVUS data and generalized
linear mixed model (GLMM) prediction method, Wang L et al. reported that an optimal
combination predictor achieved AUC = 0.629 in predicting wall thickness increase and
AUC = 0.845 in predicting plaque area increase [37]. Multi-modality data combining IVUS
and OCT ensures accurate cap thickness quantification, C-PVI assessment and further me-
chanical stress/strain calculations. These improvements made accurate and reliable plaque
morphology assessment and PVI predictions possible. In this work, using IO data, the mean
AUC of five PVIs is 0.853, showing a superior prediction ability. Guo et al. also reported
similar findings using least squares support vector machine (SVM) prediction methods
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that the ability of IO/OCT-based vulnerability predictions were improved compared with
IVUS-based predictions (Accuracy: 0.838 vs. 0.786) [13]. Moreover, by observing different
PVIs, the accuracy and AUC value of prediction results from IO slices are both higher than
75% (see Table 3). The accuracy of all the single predictors was more than 70% for C-PVI,
while PB and LA had higher prediction accuracies (86.5% and 77.8%), which confirms
the general reliability of the prediction based on IO data. It is worth recognizing that
fusion OCT and IVUS were used in this study to provide precise measurements of fibrous
cap thickness. This data set warrants more accurate mechanical and plaque vulnerability
quantification and prediction accuracy. However, it is difficult to have patients to agree to
simultaneously undergo OCT, IVUS, and coronary angiography at baseline and follow-up,
and thus limiting the patient data set here. For prediction methods, Wang L et al. compared
various prediction methods, among which the prediction accuracy of RF was the highest,
superior to SVM and GLMM. The prediction accuracy of machine learning method (RF) is
5.91% higher than that of GLMM method [34]. In this paper, the above three prediction
methods were all performed and compared. The prediction results from RF were selected
for report since they provided best prediction accuracies.

4.3. Combining Mechanical and Morphological Predictors May Lead to Better Predictions

At present, some general scoring rules, such as CLIMA score and Burgmaier score, are
often used in plaque assessment [19,38,39]. However, these scoring rules did not include
mechanical forces in their assessment. It has been conjectured that those mechanical
forces play an important role in plaque progression and rupture process and combining
mechanical and morphological factors may lead to better prediction results. In a study
using IVUS follow-up data from none patients, Wang L et al. reported that the prediction
accuracy from the best morphological + mechanical combination predictor was 68.1%,
3.9% higher than that of the best morphological combination predictor (64.2%) [33]. In this
paper, by using accurate multi-modality IVUS + OCT data with follow-up, for five PVIs,
the combination predictors improved the prediction accuracies by 6.6%, 12.5%, 10.0%, 7.3%
and 8.0% respectively, with an average improvement of 8.9%. Taking the MeanS-PVI as an
example, the accuracy of the combination predictor (PA + MeanCapS) improved over that
of the best single factor (PA) by 10%. That is better that the 4.01% improvement reported
in work by Wang Q et al. [31]. Prediction sensitivity and specificity also had significant
improvements. Our work is adding further evidence to the conjecture that combining
mechanical and morphological factors may lead to better prediction results. It should be
acknowledged that our sample size is small and further effort using large scale samples is
needed to reach solid conclusions.

4.4. Labor Cost and Potential Implementations

The construction and simulation of a 3D thin-layered (slice) model could be finished
within 10 min on a personal computer (Xeon E5-1620 v3 kernel processor (3.5 GHz)).
This provides the possibility to integrate modeling with medical equipment for potential
clinical implementations. Compared with 3D fluid-structure interaction (FSI) model (which
requires approximately 2 weeks to construct one model), this 3D thin-layered (slice) model
has the advantages of low labor cost, short construction time, ease of convergence, high
accurate simulation results (relative error < 10% compared with FSI model).

It is of interest to note that only baseline data would be needed to make predictions
after the model becomes well trained and validated. Indeed, follow-up data (IVUS + OCT)
were only needed in this paper for verification, i.e., to verify if the predictions were indeed
true. It is also needed for model training as well. If data set was large enough and the
model was sufficiently trained and validated, then only baseline data would be needed to
make predictions. As technology develops, OCT may have better penetration and OCT
alone would be enough to construct the models and provide all values for all the predictors
to make predictions.
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4.5. Limitations

Some limitations of our study include the following. (a) Our sample size is still small
and contained fewer slices with C-PVI = 3 and 4 (12.2% of total slices). That might account
for the low sensitivity in our prediction results. Most of the patients were not in the acute
progression stage of the disease, and the growth of plaque was generally slow, resulting
in a small change in the condition of plaque within a year and a skewness distribution of
data. Because most people were on medication, that also exacerbated to an unbalanced
sample set. (b) Improving sample size and conducting our work at patient-level may help
address sample imbalance, but lack of in vivo data on plaque rupture remains one of the
limitations of current research. (c) Patient-specific vessel material properties were not
available. Therefore, vessel material parameters from available literature were used in
this study [30]. It should be noted that there is high variability of constitutive parameters
among different individuals [40–42], which indeed impacts the stress/strain calculation.
Guo et al. used patient-specific plaque material properties and showed that the relative
errors could be 40% in stress and 123% in strain calculations if material properties obtained
from ex vivo tensile testing were used [43]. (d) Thin-slice models were used in this study
since they could provide better accuracy over 2D models and save model construction
time compared to full 3D models [30,31]. However, they only provided plaque structure
stress and strain values and did not retain flow information (for example, flow wall shear
stress). Thin-slice models require much less labor to construct and could be more practical
for potential clinical implementations. However, it remains true that full 3D FSI models
could be a better choice for more accurate stress/strain and wall shear stress calculations.
It is worth noting that the 3D thin-slice model and prediction method used in this paper
are relatively more integrated, and efforts are being made to automate and streamline the
whole process.

5. Conclusions

Since plaque vulnerability is hard to quantify, plaque cap thickness index and biome-
chanical stress/strain indices were defined as alternative quantitative plaque vulnerability
indices (PVIs) to conduct predictive research. Accurate multi-modality IVUS + OCT data
at both baseline and follow-up and machine learning methods were used to identify and
validate the best predictors of changes in plaque vulnerability. The results showed that
the accuracy of the combined predictors including mechanical factors was significantly
better than that of the single predictors. Plaque cap thickness and cap stress and strain
could be used as measurable and calculable evaluation indexes to predict plaque vulner-
ability change and provide a more complete early screening strategy for patients with
vulnerable plaques.
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Abstract: Coronary vessel layer structure may have a considerable impact on plaque stress/strain
calculations. Most current plaque models use single-layer vessel structures due to the lack of
available multilayer segmentation techniques. In this paper, an automatic multilayer segmentation
and repair method was developed to segment coronary optical coherence tomography (OCT) images
to obtain multilayer vessel geometries for biomechanical model construction. Intravascular OCT
data were acquired from six patients (one male; mean age: 70.0) using a protocol approved by
the local institutional review board with informed consent obtained. A total of 436 OCT slices
were selected in this study. Manually segmented data were used as the gold standard for method
development and validation. The edge detection method and cubic spline surface fitting were applied
to detect and repair the internal elastic membrane (IEM), external elastic membrane (EEM) and
adventitia–periadventitia interface (ADV). The mean errors of automatic contours compared to
manually segmented contours were 1.40%, 4.34% and 6.97%, respectively. The single-layer mean
plaque stress value from lumen was 117.91 kPa, 10.79% lower than that from three-layer models
(132.33 kPa). On the adventitia, the single-layer mean plaque stress value was 50.46 kPa, 156.28%
higher than that from three-layer models (19.74 kPa). The proposed segmentation technique may
have wide applications in vulnerable plaque research.

Keywords: coronary; vulnerable plaque; coronary plaque models; multilayer vessel geometry

1. Introduction

Intravascular optical coherence tomography (OCT) is a new imaging modality that
has been rapidly developing in recent years. It provides unprecedented resolution up
to 10 μm, compared to 150–200 μm by intravascular ultrasound (IVUS). It is not only
proven to be reliable and widely used in more and more clinical settings [1,2], but also
brings advances and breakthroughs to vulnerable plaque research using biomechanics,
allowing for more accurate cap thickness quantification and the construction of more
realistic models. Nonetheless, the biggest obstacle of OCT is its low penetration depth. That
is why some researchers have developed methods to combine IVUS and OCT together to
obtain the complete plaque geometry, with IVUS providing the entire vessel wall geometry
and OCT providing high-accuracy near-lumen plaque features, especially cap thickness,
inflammations and erosion [3,4].

Despite the penetration limitation of OCT, more and more researchers have exploited
the abundant information that OCT provides. OCT consensus illustrates the inaccuracy of
the statement that OCT has a constant penetration depth [5]. The fact is, OCT penetration
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depth ranges from 0.1 mm to 2.0 mm and is heavily tissue-dependent. Particularly for
high-attenuation tissues such as lipid-rich plaques, light is obscured. For lower-attenuation
tissues such as fibrous and calcium, OCT can see deeper structures clearly. A study also
showed that more than 180 degrees of external elastic lamina can be recognized in 95% of
OCT slices [6]. The enormous visible vessel segments can be taken advantage of to repair
the entire vessel wall.

It is well known that arteries have a three-layer structure: intima, media and adventitia.
OCT can actually discriminate the three layers based on image intensity variations [6].
Different layers have different pixel intensities and generate a “light–dark–light” structure
in OCT images. It would be a considerable advance if a multilayer vessel wall structure
could be obtained from OCT images and used in vulnerable plaque research [7–9]. Different
layers also have different mechanical properties [10–13]. The multilayer plaque structure
will have a significant impact on plaque stress/strain distributions when multilayer models
are used for calculation [14].

Recent studies have tried different methods to segment the coronary plaque and
vessel wall from OCT images. Athanasiou et al. introduced an automatic segmentation
method, which is able to segment four different tissue types in coronary plaque OCT
images: calcium (CA), lipid tissue (LT), fibrous tissue (FT) and mixed tissue (MT) [15]. They
also applied the edge detection algorithm and ellipse fitting to identify the internal elastic
membrane and estimate its bounding area. The method was updated to 3D space using
a linear elastic spring mesh method to fully segment the diseased segments for the first
time [16]. Zahnd et al. used an original front propagation scheme depending on grayscale
gradient information to segment intima, media and adventitia simultaneously in healthy
vessel segments [17]. Kafieh et al. introduced a method using a coarse-grained diffusion
map for the layer segmentation of retinal OCT images, which has shown robustness even in
low contrast and poor layer-to-layer gradient images [18]. Other researchers also put effort
into the automatic characterization of OCT plaques using artificial intelligence [19,20].

To the best of our knowledge, the above techniques have not been used to repair three-
layered vessel walls simultaneously with subsequent multilayer biomechanical model
construction. Three-layer vessel wall models are rarely considered in current modeling
research due to the lack of usable segmented multilayer vessel image data.

In this paper, an automatic multilayer segmentation and repair method was developed
to segment coronary OCT images to obtain multilayer vessel geometries for biomechan-
ical model construction. Manually segmented data were used as the gold standard for
automatic segmentation method development and validation. The edge detection method
and cubic spline surface fitting were applied to detect and repair the internal elastic mem-
brane (IEM), external elastic membrane (EEM) and adventitia–periadventitia interface
(ADV). The segmented and repaired vessel slices were then used to construct 3D thin-
slice models to demonstrate the impact of the multilayer vessel structure on the plaque
stress/strain calculation.

2. Materials and Methods

2.1. Data Acquisition and Processing

Five existing de-identified intravascular optical coherence tomography (OCT) data
sets for patients (n = 5) with coronary heart diseases were obtained from Cardiovascular
Research Foundation (CRF). One additional patient OCT data set was acquired from
Southeast University Affiliated Zhongda Hospital using protocol approved by Southeast
University Zhongda Hospital Institutional Review Board (approval code 2019ZDKYSB046)
with informed consent obtained. A total of 436 OCT slices from 6 patients (1 male; mean
age: 70.0) were used in this study, with demographic data shown in Table 1. OCT images
were acquired with ILUMIEN OPTIS System and Dragonfly JP Imaging Catheter (St. Jude
Medical, Westford, MA, USA). The spatial resolution of the acquired OCT images was
4.5 μm. Slices with poor image quality were removed from this research.
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Table 1. Patient demographic data. BP: blood pressure; RCA: right coronary artery; LCX: left
circumflex artery; LAD: left anterior descending artery; HT: hypertension; DM: diabetes mellitus;
HL: hyperlipoproteinemia.

Patient Age Sex
Vessel

Segment
BP (mmHg)

Number of
Slices

Comorbidities

P1 80 F RCA 138/71 75 HT DM
P2 65 F RCA 149/63 90 DM
P3 74 F RCA 151/62 76 HT DM HL
P4 62 F RCA 117/79 75 HL
P5 72 M LCX 143/80 60 HT DM HL
P6 67 F LAD 113/60 60 Not available

2.2. Multilayer Automatic Segmentation

Multilayer vessel wall manual segmentation was performed by trained experts using
ImageJ 1.52v software, and served as the gold standard for automatic segmentation method
development and validation. Figure 1a gives a flow chart showing the main steps of
multilayer automatic segmentation and surface-repairing process using codes based on
MATLAB (MATLAB R2021a, MathWorks, Natick, MA, USA). A sample slice showing
definitions of lumen, three layers and three boundary contours was given. Details can also
be split into three parts as follows.

Figure 1. (a) Flow chart showing main steps of automatic multilayer segmentation and repair; (b) a
sample slice showing definitions of lumen, three layers and three boundary contours.

Part A. Image preprocessing: Intensities of original OCT images were adjusted by
changing the window width to increase the contrast of three layers so that intensity gra-
dients between layers were increased and layer boundaries could be better identified.
Guidewire artifacts were removed following the method in [16]. Images of one pullback
were stacked in polar coordinates to prepare for subsequent segmentations.

Part B. Lumen detection: Lumen was detected using Otsu’s thresholding method
in each slice [21]. The threshold was given by maximizing between-class variance and
minimizing in-class variance, and was then used in the binary classification of vessel tissues
and lumen. Image morphological manipulations, using a square structure element whose
width was 4 pixels, were performed successively to erase small noises and jump points
in the image. Plaque OCT images are often spotty due to irregular plaque morphologies
and scattered plaque tissue components and noises and jump points caused by guidewire
attachment or residual blood. Small spotty pieces should be removed so that the segmented
contours can be used for biomechanical model constructions. Contour smoothing was
performed for all slices using a moving average method with a bandwidth of 50 pixels.
Figure 2 shows the original and smoothed contours of a sample slice with bandwidths of
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20, 50 and 100 pixels. The figure shows that 20 pixels were not enough and that smoothing
using 50 pixels was sufficient for modeling use.

Figure 2. Contours of a sample slice using moving average smoothing with smoothing bandwidths
of 20, 50 and 100 pixels.

Part C. Layer edge detection: The graphical basis of detecting different vessel layers
is that intima, media and adventitia have different optical properties and pixel intensi-
ties in OCT images, and image intensities change most dramatically at layer boundaries.
Figure 3a,b show the “light–dark–light” three-layer structure in a healthy vessel slice.
Figure 3c,d demonstrate that intensity and intensity gradient had clear patterns in radial
direction. From lumen to vessel out-boundary, intensity followed a trend of going up and
down twice. Intensity gradient had a similar trend, forming two peaks and two valleys,
each representing the boundary between lumen and intima, intima and media, media
and adventitia, adventitia and other peripheral tissues. The boundary between intima
and media is called internal elastic membrane (IEM), which is a thin membrane mainly
composed of elastin. The boundary between media and adventitia is called external elastic
membrane (EEM). The boundary between adventitia and other peripheral tissues is called
adventitia–periadventitia interface (ADV).

Figure 3. Schematic diagram of OCT multilayer segmentation and repairing. (a) Original OCT image;
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(b) magnified OCT image. A “light–dark–light” three-layer structure can be clearly seen; (c) radial
intensities of OCT image; (d) radial intensity gradient of OCT image. Gradient reaches its peak
or valley at layer boundary; (e) OCT images and the segmented contours were stacked in polar
coordinates; (f) the whole vessel wall was repaired using known contour segments. Red: contour
segments. Magenta: repaired surface.

The four boundaries were identified by edge detection based on Canny method, which
searches out true edges in large gradient positions amongst large noise [22]. All OCT
images were firstly flattened relative to lumen to better align pixels in the same radial depth
and increase the efficiency of edge detection [16]. Then, the double thresholds of Canny
method and the radius of Gaussian smoothing were continually adjusted by a grid search
program to determine the optimal parameters for edge detection. IEM and ADV were
detected by the valleys of first derivative; EEM was detected by the peak of first derivative.
The whole three-layer structure, as well as the middle of media, were detected by the peak
of second derivative, implying a rough candidate region to detect edges. Of all the detected
edges, manual selection was performed in the first slice of a pullback to choose the true
(seed) edges, and the rest were considered noise edges. Under the assumption that edges
between continuous slices do not change dramatically, edges close enough to the seed
edges radially in the next slice were specified as the true edges. The remaining slices were
performed in the same manner until layers of the whole pullback were segmented.

2.3. Surface Repairing

The segmented contours were reverse-flattened first relative to lumen [16]. In 3D
polar coordinate space, contours of three layers were stacked and formed three surfaces
with holes, as Figure 3e,f showed. Detected contours represent visible vessel inner wall,
while the holes represent the invisible parts. The surfaces were then repaired by cubic
spline-fitting method to obtain the parts of the vessel wall missing in OCT image [23].

After the repair, the complete surfaces were smoothed and transformed from polar
coordinate system to Cartesian coordinate system. Contours of three layers are now
complete in all the slices, including those obscured by lipid or other tissues.

2.4. Multilayer 3D Thin-Slice Models

Three-dimensional (3D) thin-slice models were constructed for 10 selected slices from
one patient using automatically segmented slices obtained from our programs. Both
multilayer and single-layer models were constructed to show plaque stress/strain results
and the impact of three-layer segmentation on plaque stress/strain calculations. Since OCT
data were acquired under in vivo conditions when the vessel was axially stretched and
under in vivo pressure, a 5% axial shrink–stretch and a circumferential pre-shrink process
were performed to obtain in vivo slice morphology [4]. Vessel tissues were assumed to
be hyperelastic, anisotropic, nearly incompressible, and homogeneous. Lipid core was
assumed to be hyperelastic, isotropic and nearly incompressible. Modified Mooney–Rivlin
material models were used to describe the material properties of vessel tissues, including
isotropic and anisotropic parts. The strain–energy density functions for tissue material
properties are given below:

Wiso = c1(I1 − 3) + c2(I2 − 3) + D1[exp(D2(I1 − 3))− 1] (1)

Waniso = Wiso +
K1

K2

{
exp
[
K2(I4 − 1)2

]
− 1
}

(2)

where I1 = ∑(Cii), I2 = 1
2
[
I2
1 − CijCij

]
, I1 and I2 are the first and second invariants of

right Cauchy–Green deformation tensor C =
[
Cij
]
= FTF, F =

[
Fij
]
=
[
∂xi/∂aj

]
; (xi) is

current positionl
(
aj
)

is original position; I4 = λθ
2cos2 ϕ + λz

2sin2 ϕ, where λθ , λz are the
principal stretches associated with circumferential and axial direction and ϕ is the angle
between the fiber reinforcement and the circumferential direction in individual layers;
c1, c2, D1, D2, K1 and K2 are material parameters. Parameter values in the literature
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were used in this paper: Lipid: c1 = 0.5 kPa, c2 = 0 kPa, D1 = 0.5 kPa, D2 = 1.5; intima:
c1 = −262.76 kPa, c2 = 22.9 kPa, D1 = 125.9 kPa, D2 = 2.0, K1 = 7.19 kPa, K2 = 23.5; media:
c1 = −5 kPa, c2 = −20 kPa, D1 = 20 kPa, D2 = 2.8, K1 = 168 kPa, K2 = 57, ϕ = 24.9◦; adventitia:
c1 = 6.16 kPa, c2 = 0 kPa, D1 = 0.03 kPa, D2 = 30, K1 = 10 kPa, K2 = 54, ϕ = 75.3◦ [11,13,24,25].
Uniaxial axial and circumferential stress–stretch plots for intima [24], media [13] and
adventitia [11] are given by Figure 4.

Figure 4. Stress–stretch curves of three layers obtained from uniaxial mechanical testing. σc: Circum-
ferential stress; σz: axial stress. References: intima [24], media [13] and adventitia [11].

The thin-slice models were solved by a finite-element software ADINA 9.6 (Ad-
ina R & D, Watertown, MA, USA) following our established procedures [24]. Because
stress/strain are tensors, maximum principal stress and maximum principal strain (called
stress and strain from here on, respectively) were chosen as their scale representatives for
stress/strain comparisons.

2.5. Data Extraction and Analysis

Since plaque slices may have irregular and nonuniform geometries, each slice was
divided into 4 quarters, with each quarter containing 25 evenly spaced nodal points on the
lumen. Each lumen nodal point was connected to a corresponding point on vessel wall
using a piecewise equal-step method to deal with irregular nonuniform plaque morpholo-
gies [26]. Figure 5 gives an illustration for the definition of layer thickness of the three layers.
Specifically, intima thickness was defined as the length of the line segment connecting
lumen and IEM. Media and adventitia thicknesses were defined similarly. Layer thickness
data were extracted from the 100 nodal points for each slice (total 436 slices from 6 patients)
to compare their differences between automatic and manual segmentations. Plaque stress
and strain data were also extracted from those nodal points of their corresponding thin-slice
models for analysis.
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Figure 5. Schematic plot demonstrating the piecewise equal-step method for three-layer thickness
and the quarter-dividing method. IEM: intima elastic membrane; EEM: external elastic membrane;
ADV: adventitia–periadventitia interface.

Layer thickness data of the three layers of all slices were stored in matrix Tq(i, j, k),
where q = 1, 2, 3 represents intima, media and adventitia, respectively; i is the point-index
for the 100 points in a given slice; j is the slice-index for the slices for a given patient; and
k is the patient index for a given patient (k = 1, . . . , 6). Equation (3) calculates the slice
mean thickness of q-layer (q = 1, 2, 3) of j-th slice from Patient k. Equation (4) calculates
the patient mean thickness of q-layer (q = 1, 2, 3) of all slices from Patient k. Equation (5)
calculates the mean thickness of q-layer (q = 1, 2, 3) for all slices from all patients.

Slice mean thickness for q − layer =
1

100

100

∑
i=1

Tq(i, j, k), j and k fixed; (3)

Patient mean thickness for q − layer =
1

100
× 1

m
×

m

∑
j=1

100

∑
i=1

Tq(i, j, k), k fixed; (4)

Mean thickness of q − layer for all patients =
1

100
× 1

m
× 1

n
×

n

∑
k=1

m

∑
j=1

100

∑
i=1

Tq(i, j, k) (5)

Thickness error was defined as the relative error between automatic contour thickness,
represented by the matrix Ta

q (i, j, k), and manual contour thickness, represented by matrix
Tm

q (i, j, k). Equation (6) calculates the thickness error of q-layer Errorq(j, k) (q = 1, 2, 3) of
j-th slice of Patient k. Equation (7) calculates the thickness error of q-layer Errorq(k) (q = 1, 2,
3) of Patient k. Equation (8) calculates the thickness error of q-layer Errorq (q = 1, 2, 3) for
all patients.

Errorq(j, k) =
1

100 × ∑100
i=1

(
Ta

q(i, j, k)− Tm
q (i, j, k)

)
1

100 × ∑100
i=1 Tm

q (i, j, k)
× 100% , j and k fixed; (6)

Errorq(k) =
1
m

m

∑
j=1

Errorq(j, k), k fixed; (7)
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Errorq =
1
n

Errorq(k) (8)

3. Results

3.1. Comparison of Layer Thickness between Automatic and Manual Segmentations

Table 2 gives patient thickness values for automatic and manual segmentations from
the six patients and errors of automatic segmentations compared to the gold standard
(manual segmentation). Errors were calculated using Formulas (6)–(8) with point-to-point
differences. Slice-averaged errors with slice standard deviations for each patient are demon-
strated in Table 2. Patient-averaged errors with standard deviations are given after P6.
Figure 6 gives 10 sample OCT slices selected from one patient, showing their manual and
automatic contour differences. It shows that manual and automatic contours were very
close. Layer thickness varied greatly from layer to layer and from patient to patient. Intima
(which is really the thickened intima, or plaque) had the largest thickness and variance,
with an average thickness of 0.6464 ± 0.2222 mm. Intima thickness of P3 (0.8183 mm) was
more than twice of that of P4 (0.3963 mm), showing large patient variation. Mean layer
thicknesses of media and adventitia were 0.2426 ± 0.0596 mm and 0.2234 ± 0.0587 mm,
respectively. Automatic contours derived from our program showed a similar layer thick-
ness compared to manual contours, with 0.6240 ± 0.2174 mm, 0.2290 ± 0.0519 mm and
0.2324 ± 0.0477 mm each for intima, media and adventitia. The relative errors of three
layers were mostly less than 10%, with a mean error of −1.40 ± 8.13%, −4.34 ± 11.17%
and 6.97 ± 12.00% for intima, media and adventitia, respectively. Negative errors indicated
that thicknesses of automatic contours were smaller than those of manual contours. Intima
had the smallest error, while media and adventitia had a slightly larger error and variance.
This is expected, since accuracy for intima should be better than that for media and ad-
ventitia due to OCT penetration limitation. An alternative explanation could be that the
absolute placement of the relevant contours is equally accurate/inaccurate for all layers,
but because the intima is the thickest layer in these patients, the relative errors (computed
by Equation (6)) ended up being smallest. Media thickness tended to be underestimated,
while adventitia thickness tended to be overestimated.

Table 2. Summary of layer thickness values and slice-averaged errors of 6 patients with slice standard
deviations.

Patient
Intima (mm) Media (mm)

Auto Manual Error Auto Manual Error

P1 0.6298 ± 0.0948 0.6661 ± 0.1009 −4.82 ± 4.30% 0.2585 ± 0.0455 0.2655 ± 0.0335 −5.27 ± 5.20%
P2 0.7262 ± 0.2575 0.7794 ± 0.2346 −4.09 ± 5.71% 0.2662 ± 0.0270 0.2880 ± 0.0203 −7.38± 7.58%
P3 0.7763 ± 0.2151 0.8183 ± 0.1945 −5.04 ± 7.21% 0.2613 ± 0.0215 0.2871 ± 0.0241 −8.76 ± 5.24%
P4 0.4268 ± 0.1478 0.3963 ± 0.1416 9.00 ± 5.11% 0.2146 ± 0.0472 0.2386 ± 0.0565 −9.30 ± 4.11%
P5 0.6439 ± 0.0935 0.6246 ± 0.0989 4.37 ± 5.13% 0.1934 ± 0.0102 0.1845 ± 0.0237 7.03 ± 14.65%
P6 0.4973 ± 0.1740 0.5390 ± 0.1674 −7.25 ± 6.40% 0.1493 ± 0.0082 0.1526 ± 0.0279 1.80 ± 16.93%

Patient-Averaged
Mean ± SD 0.6240 ± 0.2174 0.6464 ± 0.2222 −1.40 ± 8.13% 0.2290 ± 0.0519 0.2426 ± 0.0596 −4.34 ± 11.17%

Patient
Adventitia (mm) Total Vessel (mm)

auto manual error auto manual error

P1 0.2429 ± 0.0325 0.2151 ± 0.0319 13.49 ± 5.55% 1.1312 ± 0.1227 1.1467 ± 0.1225 −1.32 ± 3.24%
P2 0.2377 ± 0.0451 0.2231 ± 0.0563 8.96 ± 10.87% 1.2301 ± 0.2968 1.2904 ± 0.2713 −5.29 ± 4.55%
P3 0.2217 ± 0.0441 0.2073 ± 0.0429 8.63 ± 11.00% 1.2593 ± 0.2115 1.3127 ± 0.2028 −4.16 ± 3.94%
P4 0.2097 ± 0.0465 0.2037 ± 0.0641 7.76 ± 9.87% 0.8510 ± 0.2310 0.8386 ± 0.2409 −1.91 ± 3.21%
P5 0.2745 ± 0.0402 0.2994 ± 0.0428 −5.64 ± 16.01% 1.1119 ± 0.0857 1.1085 ± 0.1003 0.53 ± 4.70%
P6 0.2112 ± 0.0531 0.2036 ± 0.0531 5.37 ± 9.19% 0.8578 ± 0.1952 0.8952 ± 0.1794 −4.49 ± 5.50%

Patient-Averaged
Mean ± SD 0.2324 ± 0.0477 0.2234 ± 0.0587 6.97 ± 12.00% 1.0855 ± 0.2650 1.1124 ± 0.2711 −2.26 ± 5.00%
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Figure 6. Sample manual and automatic contours derived from OCT images. (a) Original OCT
images; (b) manual contours; (c) automatic contours.

Although the mean errors are somewhat informative, they likely obscure local/regional
errors that may have been substantially higher (as evidenced, in part, by the standard devi-
ation values). Given that local vessel wall and plaque characteristics are so important for
clinical assessment and prognosis, the 90th percentile of the absolute value of the errors for
each patient/layer are given by Table 3. The errors were based on slice-averaged results.
Pointwise errors could be a little larger.

Table 3. The 90th percentile of the absolute thickness errors for 6 patients.

Patients IEM (mm) EEM (mm) ADV (mm)

P1 9.78% 12.84% 18.08%
P2 11.65% 13.16% 20.34%
P3 17.68% 13.19% 20.00%
P4 14.90% 13.06% 19.33%
P5 11.47% 32.58% 29.12%
P6 14.57% 28.42% 16.54%

3.2. Point-to-Point Manual and Automatic Contour Distances of Lumen, IEM, EEM and ADV

Table 4 gives distances between corresponding manual and automatic contours (using
point-to-point calculation) to show automatic contour locations relative to their correspond-
ing manual contours. Negative values mean that automatic contours had smaller radii
than manual contours in polar coordinates. Distance and standard deviation of lumen
contours were the smallest, with an average distance of −0.0081 ± 0.0310 mm. The dis-
tances of IEM, EEM and ADV contours were −0.0279 ± 0.0539, −0.0689 ± 0.0563 and
−0.0153 ± 0.0356 mm, respectively. Table 4 could also lead to a possible explanation for
why media and adventitia thickness errors tended to have opposite signs in Table 2. For
P1–P3, EEM contours had large negative values, which meant that the automatic method
may be consistently placing the EEM contour slightly closer to IEM. For P4, the IEM contour
errors were positive and led to a negative media thickness error.

Table 4. Point-to-point manual and automatic contour distances of lumen, IEM, EEM and ADV.

Patient Lumen (mm) IEM (mm) EEM (mm) ADV (mm)

P1 −0.0037 ± 0.0421 −0.1075 ± 0.0660 −0.1423 ± 0.0790 0.0147 ± 0.0626
P2 0.0140 ± 0.0279 −0.0392 ± 0.0453 −0.1164 ± 0.1021 −0.0690 ± 0.0668
P3 0.0160 ± 0.0312 −0.0259 ± 0.0479 −0.0942 ± 0.0777 −0.0302 ± 0.0449
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Table 4. Cont.

Patient Lumen (mm) IEM (mm) EEM (mm) ADV (mm)

P4 0.0377 ± 0.0412 0.0613 ± 0.1438 −0.0104 ± 0.1346 0.0117 ± 0.1147
P5 −0.0547 ± 0.0484 −0.0213 ± 0.0360 −0.0123 ± 0.0304 −0.0372 ± 0.0571
P6 0.0177 ± 0.0547 −0.0348 ± 0.0542 −0.0381 ± 0.0655 0.0184 ± 0.0859

Mean ± SD −0.0081 ± 0.0310 −0.0279 ± 0.0539 −0.0689 ± 0.0563 −0.0153 ± 0.0356

3.3. Impact of Multilayer Segmentation on Plaque Stress/Strain Calculations

Table 5 provided mean stress values of the 10 slices from three-layer and single-
layer models and their differences using three-layer values as baseline values. Nega-
tive percentage means that the single-layer model provided an underestimate for the
stress/strain value(s) calculated. The single-layer mean plaque stress value from lumen was
117.91 ± 5.55 kPa, 10.79% lower than that from the three-layer models (132.33 ± 8.40 kPa).
However, on the out-boundary (adventitia), the single-layer mean plaque stress value was
50.46 ± 37.20 kPa, 156.28% higher than that from the three-layer models (19.74 ± 1.78 kPa).

Table 5. Summary of stress difference between multilayer and single-layer models.

Slice

Lumen Out Boundary

Multilayer
(kPa)

Single-Layer
(kPa)

Error
Multilayer

(kPa)
Single-Layer

(kPa)
Error

1 134.07 115.97 −13.50% 20.49 48.09 134.69%
2 138.01 120.51 −12.68% 21.97 51.38 133.87%
3 114.53 105.99 −7.46% 16.57 42.31 155.33%
4 140.41 121.70 −13.33% 21.91 53.86 145.78%
5 135.68 119.49 −11.93% 20.05 51.69 157.84%
6 134.47 119.16 −11.39% 18.91 50.80 168.59%
7 138.08 122.93 −10.97% 20.17 53.35 164.51%
8 136.50 122.96 −9.92% 20.39 54.05 165.14%
9 131.47 119.76 −8.91% 19.80 52.31 164.16%

10 120.03 110.68 −7.79% 17.13 46.74 172.94%

Mean ± SD 132.33 ± 8.40 117.91 ± 5.55 −10.79 ± 2.20% 19.74 ± 1.78 50.46 ± 37.20 156.28 ± 13.82%

Table 6 gives mean strain values of the 10 slices from three-layer and single-layer
models and their differences. The single-layer mean plaque strain value from lumen was
0.1916 ± 0.0034, 4.88% lower than that from the three-layer models (0.2015 ± 0.0050). On the
out-boundary (adventitia), the single-layer mean plaque strain value was 0.1064 ± 0.0058,
13.40% lower than that from three-layer models (0.1228 ± 0.0066).

Table 6. Summary of strain difference between multilayer and single-layer models.

Slice
Lumen Out-Boundary

Multilayer Single-Layer Error Multilayer Single-Layer Error

1 0.2022 0.1895 −6.26% 0.1202 0.1027 −14.56%
2 0.2039 0.1922 −5.76% 0.1248 0.1075 −13.88%
3 0.1903 0.1843 −3.14% 0.1087 0.0941 −13.41%
4 0.2046 0.1925 −5.91% 0.1296 0.1116 −13.86%
5 0.2032 0.1921 −5.46% 0.1267 0.1095 −13.60%
6 0.2036 0.1929 −5.25% 0.1254 0.1087 −13.36%
7 0.2058 0.1954 −5.08% 0.1277 0.1113 −12.83%
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Table 6. Cont.

Slice
Lumen Out-Boundary

Multilayer Single-Layer Error Multilayer Single-Layer Error

8 0.2047 0.1953 −4.58% 0.1272 0.1113 −12.45%
9 0.2019 0.1938 −4.02% 0.1236 0.1078 −12.79%
10 0.1949 0.1883 −3.37% 0.1146 0.0994 −13.24%

Mean ± SD 0.2015 ± 0.0050 0.1916 ± 0.0034 −4.88 ± 1.07% 0.1228 ± 0.0066 0.1064 ± 0.0058 −13.40 ± 0.62%

Figure 7 demonstrates the stress/strain distributions from three-layer and single-layer
models using a sample slice. It shows that the maximum plaque stress from the three-layer
model was 26% higher than that from the single-layer model (226.05 kPa vs. 178.91 kPa),
while the maximum strain values from both models were almost identical (0.199 vs. 0.198).
The cap stress/strain values did not show much difference.

Figure 7. Comparison of plaque stress/strain distributions from three-layer and single-layer models
using a sample slice. (a) Sample slice with three-layer contours; (b) stress from three-layer model;
(c) strain from three-layer model; (d) sample slice with single-layer contours; (e) stress from single-
layer model; (f) strain from single-layer model.

4. Discussion

4.1. Multilayer Automatic Coronary Plaque OCT Segmentation, Repairing and Its Significance to
Vulnerable Plaque Research

Mechanical forces play an important role in coronary plaque initiation, progression
and its eventual rupture, which often leads to critical clinical events such as heart attack
and acute coronary syndrome (ACS). Accurate calculation of plaque stress/strain is of
vital importance to vulnerable plaque research, including plaque progression prediction,
vulnerability assessment, plaque rupture prediction and patient diagnosis, management
and treatment plan optimization. Plaque stress/strain calculations depend on plaque
morphology, components, pressure conditions and plaque tissue material properties. Most
current plaque models use single-layer vessel structures, primarily due to image modality
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resolution limitations. The development and acceptance of OCT in clinical practice provide
the possibility of obtaining multilayer vessel geometries. The multilayer automatic coronary
plaque OCT segmentation and repairing technique proposed in this paper make it possible
to use three-layer models to improve the accuracy for plaque stress/strain calculations. It
will have a considerable impact on plaque progression and vulnerability predictions.

Automation is also one of the contributions of this work. The manual annotation of
OCT vessel wall is extremely laborious, especially multilayer annotation. As different layer
boundaries are close to each other and are hard to discriminate by naked eyes, it takes
huge time and labor cost to annotate multilayers, and also brings in accidental errors. We
demonstrated that multilayer thicknesses were precisely quantified using our automated
process around the whole vessel wall with relative errors of 1.40%, 4.34% and 6.97% (for
intima, media and adventitia, respectively) compared to manual segmented contours (gold
standard), respectively.

4.2. Limitations

Some limitations of this study include: (a) Small patient size—this is a pilot study, and
a larger-scale study is needed to further validate the feasibility of this method and bring it
into clinical practice. (b) The method is not able to automatically characterize other plaque
components such as lipid and calcification. Plaque components were manually annotated
in this study. More advanced technologies such as artificial intelligence and neural network
should be integrated to achieve entire automatic OCT segmentation. (c) Three-dimensional
thin-slice models were used for model construction efficiency. Full 3D models should
be used for better accuracy. (d) Tissue material properties used parameter values from
the literature since patient-specific material properties were not available. (e) Layered
plaques have different layer patterns, which is confusing for edge detection. This is a
major error source [27–29]. (f) Some artifacts (such as sudden axial removal of OCT
guidewire because of heart motion during acquisition) can also lead to spatial discontinuity
in sequential slices, resulting in the wrong region to select true edges. (g) The whole
analysis process for a patient, including automatic segmentation, repairing and thin-slice
modeling, needs about 3–4 h. We will continue to try to shorten the analysis time and get
closer to clinical implementations.

4.3. Future Challenges and Directions

More precise and higher-quality coronary plaque images are essential to vessel recon-
struction and modeling. With the development of biomedical technologies, more advanced
imaging modalities, such as a dual catheter combining both IVUS and OCT, are becoming
available, providing better vessel images [30]. In terms of modeling, quantification of vessel
material property has always been a pain point, and more accurate and patient-specific
material parameters are needed. There is also a balance between model accuracy and model
construction cost that we need to keep. Automation of modeling and data processing are
needed for clinical implementation. A multilayer fluid–structure interaction (FSI) model
is desirable to have and has great potential for studying the biomechanical behavior of
different layers considering both solids and fluids. However, labor cost is a big concern. The
automation of the 3D thin-slice model can greatly shorten the distance between laboratorial
experiments and clinical practice.
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Abstract: Background: The mortality of acute aortic dissection (AD) can reach 65~70%. However,
it is challenging to follow the progress of AD formation. The purpose of this work was to observe
the process of dissection development using a novel tear-embedded silicone phantom. Methods:
Silicone phantoms were fabricated by embedding a torn area and primary tear feature on the inner
layer. CT scanning and laser lightening were conducted to observe the variations in thickness and
volume of the true lumen (TL) and false lumen (FL) during development. Results: The model with a
larger interlayer adhesion damage required a lower pressure to trigger the development of dissection.
At the initiation stage of dissection, the volume of TL increased by 25.5%, accompanied by a 19.5%
enlargement of tear size. The force analysis based on the change of tear size verified the deduction of
the process of interlaminar separation from the earlier studies. Conclusions: The primary tear and
the weakening adhesion of the vessel layers are key factors in AD development, suggesting that some
forms of primary damage to the arterial wall, in particular, the lumen morphology of vessels with
straight inner lumen, should be considered as early risk predictors of AD.

Keywords: 3D printing; silicone phantom; CT scanning; aortic dissection; interlayer adhesion damage

1. Introduction

Acute aortic syndrome is a group of interrelated life-threatening diseases that includes
aortic dissection (AD), intramural hematoma, and penetrating atherosclerotic ulcer. The
disease of the aortic wall develops rapidly and can present as chest tightness and chest or
back pain. The incidence of acute aortic syndrome ranges from approximately 3.5 to 6.0 per
100,000 people per year worldwide but more than 27 per 100,000 in older adults [1–3]. The
most common acute aortic syndrome is acute AD, accounting for approximately 85–95% of
all reported cases [4–6].

AD arises from a primary tear in the aortic intima, which can frequently be found in
vascular segments that are exposed to abnormal stress or shear stress. Abnormal changes
in the physiological pulsating flow environment are one of important factors that induce
primary tearing. Elongation of the ascending aorta can give rise to a region that is affected
by low and oscillating wall shear stress (WSS) [7,8]. Such abnormal changes in the flow
environment can lead to a state of atherogenic phenotype for the endothelial layer [9–11].
Histological studies have also shown that the fibrin, laminin, and fibronectin in the arterial
wall face dissolution under the long-term increase the WSS in the progress of adaptive
dilation remodeling of the vascular diameter, which may cause the interlayer adhesion
damage and elastic fiber degeneration [12–15]. At the same time, hypertension is associated
with the hypertrophy of the arterial wall [16], leading to increased wall stiffness [17]. In
addition, hypertension has a long-term effect on the Inner and one-third depth of the
external media [18], where AD primarily occurs [19].
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It is seen from the previous research that vascular wall damage can be characterized by
penetrating wounds of the inner aortic wall and delamination between aortic layers. Several
experimental studies have shown that much higher pressure is needed to induce dissection
on healthy aortic tissue, of which the triggering pressure of dissection can reach as high
as 600 mmHg. In contrast, even much lower blood pressure can cause the continuing
development of tears if an inner aortic wound exists [20–22]. It can be seen that the trigger
pressure of the dissection significantly depends on different types of vascular wall damage.

In vivo experiments with large animals have great research significance for investigat-
ing AD formation mechanisms. Tang et al. and Wang et al. achieved a 75% success rate
for inducing type B dissection in canine samples by injecting adrenaline and making an
initial tear on the arterial wall [23,24]. In the experiment of Guo et al., the initial tear feature
was a transverse circumferential notch that covered one-third of the proximal descending
aorta [25]. The delamination between aortic layers, termed the “entry pocket”, was also
incised on the aortic circumferential direction to induce dissection development. However,
due to the complexity of animal experiments and the difficulty of control, it is challenging
to observe the specific development process.

In vitro studies that use compliance-matched idealized aortic phantoms may be more
controllable to implement and cause less animal suffering. Coupling the in vitro and zero-
dimensional model, Rudenick et al. and Soudah et al. analyzed the influence of tear size
and hemodynamic changes on the pressure and flow rate in the true lumen (TL) and false
lumen (FL) [26,27]. Birjiniuk et al. characterized the relationship between pressure and flow
rate in the false lumen and carried out suggestions for the stratification of deterioration
risk in patients with type B AD [28,29]. Brunet et al. presented a novel experimental
method to observe the propagation of the arterial dissection using a porcine carotid artery,
where a longitudinal notch was created from the inside. It was concluded from their
experiment that high shear stress in the crack tip is a possible trigger for the propagation of
the dissection [30]. However, another opinion is that the alternating stress of stretching and
contracting acting on the crack tip is far more crucial than the shear stress [31,32].

Despite many advances in the comprehension of the underlying mechanisms of aortic
dissection in the last two decades, there is still a lack of work concerning the mechanism
of tear propagation due to its complexity and nonlinearity. The advantage of the in vitro
dissection model is that the deformation of the primary tear and the early stage of dissection
propagation can be precisely investigated. Nevertheless, to date, fabrication of a devel-
opable dissection aortic phantom has not been realized because of the complexity of making
primary tears in the inner layer [28,33,34]. Our previously proposed brush-spin-coating
method can be further developed for making a vascular model with an initial inner layer
tear since the coating method can mimic the laminated structure and, therefore, can be
used for fabricating the aortic phantoms with dissection features [35].

This work aimed to develop a method for fabricating silicone models with dissection
features inside. In vitro experimental research was also carried out to analyze the delami-
nation behaviors. The overall structure of the paper is as follows. Section 2.1 discusses the
characteristic of AD in human aortic tissue. Section 2.2 describes the processing method
of the silicone phantom model with an initial tear in detail. In Sections 2.3 and 2.4, the
experimental setup and the observing method are introduced step by step. The results of
the tube pressure measurement computed tomographic (CT) scanning and laser imaging
measurement throughout the development of AD are presented in Sections 3.1 and 3.2.
In Section 4, the possible key factors inducing the dissection are analyzed, and conclusions
are drawn in Section 5.

2. Materials and Methods

2.1. Key Features of the Tear of AD in Human Aortic Tissue

The structural features of the primary tear for the idealized phantom were modeled
by observing a piece of human aortic tissue and the CT images of the same patient. The
tissue was obtained from a 52-year-old man and soaked in formalin for 48 h. The patient
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gave written informed consent. Figure 1 shows the layout of aortic tissue from the intima
side. The aortic tissue has been cut through the middle of the tear (section A) and 10 mm
distal to the tear (section B) to observe the tissue morphology.

 

 

(a) (b) 

 
(c) 

Figure 1. Anatomic structure of the aortic tissue and schematic diagram of the tissue at the breach.
(a) A piece of formalin-soaked aortic tissue and its two cut positions. (b) Yellow fatty deposits
showing an atherosclerotic layer on section A. (c) Vascular defect and layer separation around the
tear on section B.

Pronounced delamination was observed in section A of the aortic tissue (Figure 1b).
The yellow loose connective tissue between the media around the ostia of the rupture
was identified as accumulated adipose tissue via pathological examination. As shown in
Figure 1c, a defect was found on the intima side of the tissue, and a thin film of vascular
tissue covered the defect. The thin vascular film extended only about 7 mm and then
detached from the blood vessel, leaving a wound in the tissue. It should be noted that the
aortic tissue was the dissection flap, which contained only the aortic intima and part of
the media.

The aortic tissue observed in section B (Figure 1c) provides the basic anatomic structure
for creating a primary tear on a silicone phantom. AD’s two critical anatomic features are
the defect located on the intima layer and the separation begins from the defect between
the layers. Accordingly, for a silicone phantom, the primary tear can be composed of a tear
in the inner wall and an area of a tiny pocket between the silicone layers.

Based on the observation of human aortic tissue, four critical parameters were consid-
ered in the modeling to represent the dissection: the thickness of the TL and the FL, the area
of the inner tear, and the area of the pocket-shaped layer separation. The manufacturing
steps of tear-embedded silicone phantoms include the fabrication of an inner layer with
a tear, the outer layer, and a tiny pocket between the inner and outer layers to form the
primary tear region.

2.2. Fabrication Method of Tear-Embedded Silicone Phantom

Brush-spin-coating was carried out to obtain a target thickness of 1.6 mm for the inner
layer. In this study, two kinds of silicone materials were selected for the coating of the
models, which were HY-E620 (Hong Ye E620, Shen Zhen Hong Ye Jie Technology Co.,
Ltd., Shenzhen, China) and DSA-7055 (DSA 7055, Guangdong Doneson New Materials,
Guangdong, China). The mechanical properties of the two silica gels were measured and

129



J. Funct. Biomater. 2022, 13, 290

compared with the human aortic tissue obtained after surgery for aortic dissection. The
aortic tissue of the patient was removed during the treatment of type A AD, then directly
stored in a low-temperature environment of 4 ◦C in phosphate-buffered saline. Informed
consent and ethical approval were obtained as well. In order to obtain more comparable
results, patient-specific aortic arch silicone phantom models were made and then sliced
into tension test strips at the corresponding positions of the obtained aortic tissue sample.
The results of the direct tension test on the phantom samples and aortic tissue samples are
shown in Figure 2. It can be seen that the tension test profile of DSA 7055 was closer to that
of the aortic tissue when the strain rate was more significant than 1.5.

Figure 2. Tension test results of the aortic tissue sample and silicone phantom were processed with
the brush-spin-coating method at the same size and position.

A recent ex vivo study on blood vessel expansion showed that pressure increments
from 10 mmHg to 49 mmHg and 93 mmHg caused a circumferential strain rate of 1.32 and
1.50, respectively [30]. This means that the in vivo blood vessels underwent about 1.5 times
the strain rate in a healthy state since the mean blood pressure of humans is 93.3 mmHg.
As depicted in Figure 2, the elastic modulus of the silicone phantom DSA 7055 gradually
approached the vascular tissue when the strain rate was about 1.5 rather than that of
phantom E620. Meanwhile, the elastic modulus of our phantom was 0.72 MPa, which is
slightly larger than that of normal tissue and approaching the value of elder or hypertensive
patients [36,37]. This implies that the material can mimic the elder’s aortic tissue, which
can be more easily developed into dissection. Thus the tear-embedded phantom model
was made of silicone material DSA7055. The refractive index of DSA 7055 was 1.41, and its
dynamic viscosity was approximately 3000 cps, which needed 90 min of curing and baking
at 45 ◦C on a 3D-printed water-soluble cylinder model.

The manufacturing process of a phantom with developable dissection features began
when the inner layer’s coating was finished. Figure 3a shows the schematic diagram of
the water-soluble inner core and the coated inner layer. A small circular piece of the inner
layer was removed from the inner core, as depicted in Figure 3b. In cutting off the silicone
sheet, a circular blade is important to avoid additional injury to the inner layer. From the
side view, an empty region on the inner core’s surface was left after this operation. The
circular empty area and the silicone tear were then coated with a release agent (Figure 3c),
and the silicone tear was returned to its original height to perform the final coating of the
outer layer (Figure 3d). After the silicone phantom was completely cured, the inner core
was dissolved to leave the inner and outer silicone layers, which remained glued together
at this stage. Subsequently, the circular area coated with the release agent could be easily
removed from the inside. From Figure 3e, it is seen that the torn area was a thinner part
that was composed of only the outer silicone layer. The silicone model’s thickness was
similar to that of an aortic ulcer or porcine model of AD [25].
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Figure 3. The schematic diagram for the fabrication of the aortic dissection phantom. (a) Side view
of the inner core and its inner coating layer. (b) A circular blade cut a circular torn area. (c) The
silicone sheet from the inner core was coated with a release agent and returned to the original position.
(d) Coating of the outer layer on the inner layer with a targeted thickness. (e) Silicone tube with a
torn area after the dissolution of the inner core. (f) Making pocket-shaped delamination between
the inner and outer layers. (g) The actual operation is to remove the silicone sheet. (h) Creation of a
pocket area between the layers by a cone probe.

The pocket-shaped slight delamination can be created using an elongated probe with
a conical head (Figure 3f). Figure 3g,h show the pictures for creating the initial and pocket-
shape delamination in an idealized aortic phantom. Two silicone models with different sizes
of pocket areas were produced, among which the small dissection (SD) was an elliptical area
with major and minor axes of 16 mm and 12 mm, respectively. Meanwhile, the principal
axes of the elliptical area of the large dissection (LD) were 20 mm, but the short axes
were the same as that of the small ones. The high-transparency silicone material, named
DSA-7055, was adopted for the fabrication. In order to capture the specific process of tear
development in the axial direction, laser irradiation of the middle plane of the model and
video filming of the entire process of tearing in the top view were used. Pre-experiments
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have shown that laser irradiation is prone to reflections and refraction, which affects the
quantitative study of features near the specific tear. Therefore, an LD model was used
for the laser experiment, and an SD model was used for the CT scanning experiment.
In addition, five more silicone models of the same tear size but without the interlayer
delamination feature of the primary tear were fabricated as the control group. Due to
limitations in CT room booking, all control models in this study were performed in a
laser experiment.

2.3. Experimental Setup of the Laser-Enhanced Observation

The in vitro experiment to investigate dissection in the idealized aortic phantom
was conducted in a steady state. Figure 4 shows the essential elements of the in vitro
experimental circulation. The experimental device contained three main parts: a pressure
sensor and recording instrument, a laser-enhanced observation system, and a pipeline
circulation with a dead-end for pressurization (Figure 4). The injected working medium
was water at 20 degrees Celsius. Air exhaust components were used to eliminate all bubbles
for the initial experimental condition. A pressure transmitter, which converted the pressure
data into a 4–20 mA current signal, was recorded in real-time at a refresh rate of 0.1 s.
Alterations in the morphology of the idealized aortic phantom and in the pressure were
documented with cameras to ensure time-synchronized output.

 

Figure 4. Schematic diagram of an experimental platform for laser-enhanced observation.

The specific steps of laser-enhanced observation are as follows. At the beginning of
the experiment, all bubbles were eliminated. Then, the pressure was adjusted to 2.5 kPa by
twisting the screw. Subsequently, the recording was turned on, and the screw was manually
rotated. The pressure readings in the tube lumen gradually increased during the twisting
process, which was also recorded in the camera footage. The pressurization process then
stopped when the experimenter observed the development of an interlayer or a rupture
at the interlayer. The recording process continued until the development of the tube wall
interlayer was stable again, or a rupture had occurred.

2.4. Experimental Setup of the CT Imaging

CT scanning was conducted to investigate the volume and wall thickness alteration
during the development of wall dissection. The experimental pipeline was settled on the
CT scanning equipment as depicted in Figure 5 (X-ray equipment for CT; SOMATOM Force,
Siemens Healthcare GmbH, Erlangen, Germany). The scope for scanning was targeted
at the silicone phantom. The direction of the scan coincided with the phantom’s axial
direction, and 15 mL iodixanol of contrast agent was added to 1000 mL of water and then
filled into the pipeline. The in-plane accuracy of the CT images was 0.1563 × 0.1563 mm,
and the interval between the in-plane sections was 1 mm. The tear-embedded model for
scanning was an SD with a smaller pocket area around the internal tear.
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Figure 5. Schematic diagram of the experiment with CT scanning to capture the development
of dissection.

In pressurization, the measurements could only be obtained before flow injection and
CT scanning to avoid injury to the operations. Experimental pressurization and CT data
extraction were performed alternately. The experimenter entered the CT control room to
increase the pressure and quickly left the room while another operator immediately started
the CT scan. If the CT scan revealed wall damage developing into a dissecting structure,
then a continuous CT scan was maintained until the termination of the dissection process.

3. Results

3.1. Deformation of the FL and TL during the Development of Dissection

Pressurization experiments were performed for normal silicone phantoms and phan-
toms with initial damages. When the normal silicone tube was pressurized over 30 kPa,
all the models were ruptured. In contrast, pressurization delaminated the tube models
containing the feature of the primary tear into dissecting models.

The laser-enhanced observation was used to track the interfaces of TL and FL during
the dissection development. Figure 6a shows four side views at different pressures. The first
pressure state of 19.05 kPa was a moment in the gradual pressurization process. Pressure
state 22.80 kPa was the pressure when the dissection started to develop. It is possible to
qualitatively distinguish the increase of the tear at the 22.80 kPa from that of the pressure
of 19.05 kPa.

There was no significant change in the line pressure from 22.80 kPa to 22.62 kPa within
3 s of the dissection starting to develop. However, the process underwent a dramatic
increase in the volume of the FL. When the FL development process of the dissection was
finished, the pressure of the line was stabilized at 15.67 kPa.

In order to observe the deformation of FL and TL during the pressurization, the
temporal variation of tube pressure and deformation for the outer and inner layers are
plotted in Figure 6b. The temporal deformations of the outer and inner layer are expressed
using the variations of distance BC and AC indexed in Figure 6a, where A refers to the
point of the edge of the internal tear, B is the intersection point of the transverse dashed
line and the outer interface, and C is 3 px away from the largest-deformation point of B.
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(a) 

Figure 6. Main results of the laser-enhanced observation experiment. (a) Positions of the inner
and outer layer during the pressurization. (b) Pressure recording and sequential images of the flap
and outer layer positions during the pressurization. The left axis of Figure 6b is the pressure of
the experiment, and the right side is the height scale of the picture, which is in pixels. The four
experimental moments in Figure 6a are marked in Figure 6b using yellow arrows. In temporal
latitude, point A constitutes the change in position of the inner layer of the membrane during the
experiment, indicated by the red dashed line. The blue dashed line indicates the outer layer of
the model.

It can be seen that the distance of AC gradually declined before the pressure reached
22.80 kPa. As the pressure reached 22.80 kPa, the distance of AC increased severely while
the pressure remained at almost the same value. After 3 s, the distance of AC decreased
fast, accompanied by a rapid drop of pressure. When the pressure dropped to 15.67 kPa,
at the time of 81 s, the variations of AC became stable. The variation of AC indicates that
there was a dramatic inward movement of the flap to TL during the development of FL.

In contrast, the distance of BC decreased rapidly before the pressure reached 22.62 kPa,
suggesting that the FL volume increased quickly with the pressurization. After the FL
reached its largest size, the distance of BC increased slightly and reached a stable state
gradually, suggesting that the development of FL had finished.

3.2. Volume and Wall Thickness Variations during the Progress of Dissection

Pressurization and CT scanning were performed alternately until the experimenters
discovered that the tear development process had begun. Figure 7a shows the time points
for the data collection and timing for CT scanning operations. At the beginning of the
experiment, 2.5 kPa was the pressure, so a set of CT scans were performed. The pressuriza-
tion and scanning were alternated until the pressurization reached 32.5 kPa (36 times of
scanning as depicted in Figure 7a), when the experimenter discovered that interlayer de-
lamination had developed (the first sacan of 10 times of scanning as depicted in Figure 7a).
After the delamination began to develop, the experiment entered the observation phase,
and only CT scans were performed without further pressurization.
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Figure 7. Experimental process of CT scanning and image reconstruction. (a) Pressure setting and
the protocol of the CT scanning. (b) Reconstructed model of the longitudinal section from CT images at
time point S2. (c) 3D reconstructed model of the longitudinal and cross-sectional view at time point S2′.

For data processing, this study positioned the initial pressure as S1 and the last CT
scan before the onset of the dissection as S2. The CT that detected the development of the
delamination was designated as S2′, one of the subsequent CTs during the development
of the dissection was positioned as S3, and the final development status was positioned
as S4. CT scan experiments were carried out under steady-state stepwise pressurization
condition, which was the same as that in the laser tracking. Using the ScanIP module in the
Simpleware software package (Simpleware Ltd., Exeter, UK), the volume of the TL and FL
and the wall thicknesses of the silicone phantom were measured. Figure 7b gives a sectional
reconstruction model at time point S3. Similar reconstruction models were obtained for all
CT images at every scanning time point from S1 to S4. Figure 7c shows the reconstruction
model at time point S2′ as dissection started to develop.

Regarding the error estimation of the experiment, the CT scanning was carried out
three times at each scanning moment. However, FL was rapidly formed and increased at
time point S2′. The scanning at time point S2′ was taken only once. For time points S1, S2,
S3, and S4 (Figure 7a), three sets of CT data at each scanning point were selected for model
reconstruction. On the other hand, the CT images at the moment S2′ were processed and
constructed three times to avoid user errors.

The sequential data of CT imaging were used to measure the thickness, and the three-
dimensional model was used for the volume estimation. Figure 8 presents the images
of CT scanning in the longitudinal direction at different time points in Figure 7a. It is
observed from Figure 8a–d that the initiation and propagation of AD were the same as the
observations in the laser lightning experiment. A small tear was observed in the inner layer
from Figure 8a at the beginning of pressurization corresponding to the time point S1. At
time point S2, a slightly enlarged FL can be observed from Figure 8b. The lumen’s radial
views for three different positions, A-A’, B-B’, and C-C’, at the scanning moments of S3 and
S4 are depicted in Figure 8c,d. The distance between the sections was set to 10 mm. The
thickness of TL and FL, the volume of TL and FL, and the length of tear size were measured
according to the cross-sectional images of the B-B’ position (B-B’ in Figure 8c).

135



J. Funct. Biomater. 2022, 13, 290

    
(a) (b) (c) (d) 

 
(e) (f) 

 
(g) 

Figure 8. Axial CT images of at scanning time points (a) S1 and (b) S2. Axial CT images and the
images of the cross sections A-A’, B-B’, and C-C’ at a scanning time point (c) S3 and (d). The distances
between A-A’, B-B’, and C-C’ are 10 mm. Changes in the (e) wall thickness and (f) volume of TL,
FL, and in total during the development onset of dissection. (g) Alteration of tear length during the
development of dissection.

Figure 8e shows the measured wall thickness at each scanning point. At the initial
scanning time S1, the normal and tear wall thickness was 2.6 and 0.9 mm, respectively. In
contrast, the average wall thickness of TL and FL at the moment S2 was 18.7% and 9.1%
thinner than those of S1, respectively. Correspondingly, the tear size was enlarged by 19.5%
in the process of increasing TL.
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At time point S2′, as shown in Figure 8f, the volume of FL increased considerably,
being 25-times larger than that at S2 due to the sudden delamination of layers. Meanwhile,
the volume of TL was reduced by about 6.9%. The volume of the phantom at time point
S2′ still remained the same as that at S2. The diameter of the tear decreased by 11.9%,
approaching the original size. The wall thickness of TL recovered to 92% of the original
one after decreasing at time point S2.

In addition, the dissection further spread along the axial direction after the S2 time
point, resulting in a 78.6% increase in FL volume and a small decrease of TL at the S3 time
point. Correspondingly, the wall thickness of FL decreased, but TL wall thickness remained
almost the same as that at the previous time point S2′. The expansion of FL stopped at the
time S4. Except the slight augment of FL, the TL volume, wall thickness of the TL and FL,
and tear size remained nearly the same as those at the previous time stage S3, indicating
that the propagation of dissection had ended.

4. Discussion

4.1. Experimental Biomechanical Study for Aortic Dissection

Many studies have been conducted to quantify the strength of the aorta by means of
stretching, bulge inflation, the peeling test, the trouser test, the direct tension test, and the in-
plane shear test [38]. Iliopoulos et al. and Manopoulos et al. found that the circumferential
tensile failure stresses in the anterior, posterior, right, and left lateral were not significantly
different between the control, aneurysm, and dissection groups [39–41]. However, in the
axial direction, there were significant differences in tensile failure stresses between the
various types of samples, with the right lateral being higher than the anterior and the
posterior side in control samples. At the same time, the left and right lateral were higher
than the anterior side in the aneurysm samples, and the right lateral was higher than the
left in the dissected samples.

Although uniaxial tensile tests provide valuable insight into the strength properties
of aortic tissue, unidirectional tensile tests are limiting in representing in vivo loading
conditions. Therefore, some studies have attempted to measure the mechanical properties
of the aorta by means of bulge inflation tests. Sugita et al. reported the longitudinal weakest
of the normal aorta under the bulge inflation test [42], which is close to the tensile test
data, but the crack formation and crack development aspects of aneurysmal tissue still
need further study [43]. Through bulge inflation experiments, Pearson et al. found that the
fracture elongation of ascending aortic samples was significantly greater compared with
isthmus samples [44].

Brunet et al. carried out a series of studies that were closer to physiological realism
than the bulge inflation experiments. Brunet et al. designed a custom tension inflation
device that fit into an X-ray microscopic imaging setup. The X-ray tomography device
allowed observation of the wall structure and incision behavior during carotid artery
inflation. In the following pressurization experiment of a vascular lumen with an intima
notch [30], when the pressure was continuously inflated to 687 mmHg (91.6 kPa), widening
and deepening of the notch were observed. However, the vascular still had difficulty
developing a dissection structure even though the experimental pressure was increased to
approximately 687 mmHg. This may be related to the form of the intima notch [30].

A reasonable feature of the tear may be one of the critical factors in whether the tearing
process can be triggered under experimental conditions. During the formation phase of aor-
tic dissection, a long-term abnormal hemodynamic environment may lead to wall damage
developing gradually. As a result, by the time the dissection is triggered, the mechanical
properties of the vessel wall may already be damaged, and then pressure incensement
is often considered an essential trigger for the onset of dissection. Taking into account
how the in vivo experiments of dissection were produced in the previous study by Guo
et al. [25] and the dissected tissue samples obtained in this study, the key features of the tear
were designed. At the same time, the previous study proposed the corresponding method
of producing the wall injury in the form of tearing and pocket interlaminar separation. In
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the following experimental research, the tear model developed into a sandwich structure
during pressurization, suggesting that further exploration of injury forms may help to
improve the physiological realism of dissection-triggered experiments.

4.2. Analysis of the Forces during the Development of Dissection

The mechanism of the interlayer forces during tear development has been described
by previous studies [31,32], but there is a lack of experimental evidence. The present study,
although differing in material properties from aortic tissue, may provide an analytical basis
for the overall mechanical behavior of dissection development.

The open area around the intima tear is directly associated with whether the dissection
can be triggered. The mechanisms may be explained by the force balance depicted in
Figure 9, where Fp, Fr, and Fe are the tube pressure, adhesion force of the interlayer, and
elastic tension force of the silicone layers, respectively. At the early stage of pressurization
(Figure 9a), the silicone wall expanded with pressure. When the experimental pressure was
inflated to 32.5 kPa, as shown in Figure 9b, a small dome area was formed (red region in
Figure 9b) above the internal tear due to a thinner pipe wall at the outer side of FL. More
fluid inside the lumen may flow into the small dome, breaking the force balance on the
flap’s two sides and the edge point A.

   
(a) (b) (c) 

Figure 9. Analysis of mechanisms for the initiation and development of AD. Deformation of the
cross-section of the silicone phantom and the forces acted on the wall (a) at the time point S1; (b) at
the time point S2; (c) at the time point S2′. Fp, Fr and Fe are the pressure of the tube, the adhesion
force of the silicone layers and the elastic tension of the inner silicone layer, respectively. The FL area
is indicated by the red shading. A is the point where TL and FL are still stuck together. Fe and Fp act
on point A, indicated by the yellow arrow. The projection of Fe in the opposite direction of Fp is the
force that may cause interlayer detachment to start developing at point A.

The force of the inward pulling effect at point A is the component of the Fe opposite
to Fp, as shown in Figure 9b,c. When the pressure increased, it led the combined force
of Fe and Fp to be more significant than the resistance to tearing Fr at Point A. Then, the
dissection began to develop, corresponding to the period of S2 to S2′. As can be seen in
Figures 8f and 9c, during this period, the dissection was mainly in the circumferential
direction, which confirms the viewpoint of Mikich and Qiao et al. [31,32].

The influence of the size of the pocket area between layers can be explained by the
analysis of force balance acting on the edge point A as well. The increase in pocket area
made the flap flatten. At this condition, the angle θ at point A will increase, as depicted in
Figure 9c, which means a lower pressure increment can trigger the dissection.

The tension force Fe is related to the thickness of the flap and maybe even the shape
of the local vascular morphology. If the flap thickness increases, then the Fe will increase.
As previous studies have reported, a thicker flap may lead to a more severe dissection
level [22,25]. In addition, the properties of the aortic flap in chronic AD may also need
to be further considered because the stiffening of the dissected flap is common in AD
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patients [45]. In addition, from Figure 8c,d, it is seen that there was no significant difference
for the edge of FL in the circumferential direction at S2′ and S3, both of which ended
at the half circle of the cross-section. However, the FL developed in an axial direction
considerably at S3 time point, implying that the development of AD may first occur in
the circumferential direction and end while reaching a new force balance [46]. The feature
of developing first in the circumferential direction is most likely related to the radius of
curvature of the vessel wall. This should interest investigators because some common areas
of proximal tear, such as the lateral aspect of the descending aorta, the aortic arch, and the
proximal area of the brachiocephalic artery, have a far more complex radius of curvature
feature than the straight tube features in this experiment.

The present study also suggests that the “straining” pattern of the intimal wall may be a
promising screening indicator for aortic dissection risk. It is likely that minor vascular injuries
or even small tears in the intimal wall of the aorta exist prior to the onset of dissection, but
such tears are difficult to detect with conventional imaging techniques [47,48]. In this study,
the strained state of the wall (affected by tension force Fe) can assist in clinical screening
for the early stage of AD. For example, if the CT angiographic findings of an intermural
hematoma occurred, the aortic vessel also showed morphological features of a wall being
straightened, as shown in Figure 9 of this study. At the same time, its outer wall also
experienced more significant distension than the adjacent location. Therefore, based on the
present experimental findings, the risk of dissection needs to be taken seriously.

This dissected phantom has good clinical translational benefit prospects. Traditional
dissected models usually make the FL into a channel. The present study allows for struc-
tural changes in the dissection from injury to the dissected lumen and, therefore, more
closely resembles the actual process of AD. It is also possible to quickly test for blood
flow and pressure changes within the interstitial layer. Therefore, this model’s most di-
rect clinical translation is to be used by interventionalists as a teaching tool for clamping
stent placement. At this stage, the technique is available for personalized models, as it is
depicted in Figure 10. Clinicians can perform a series of studies on this model regarding
stent anchorage zones and techniques involving in vivo and ex vivo stent fenestration.

 

FL Projection area of FL

Figure 10. Personalized aortic silicone phantom with interlaminar damage structures.

4.3. Limitations

Despite the detailed observation of the dissection propagation process in the study,
several shortcomings should be investigated further. The material’s elastic modulus did
not show the nonlinearity of actual aortic tissue. A phantom with a nonlinear elastic
modulus or anisotropic mechanical properties may be fabricated by coating silica gel
fibers on the model’s surface. Another noticed limitation of this study is the dissection-
triggering condition. In order to facilitate the observation of results, stepwise steady-state
pressurization boundary conditions have been employed in most studies on the interlayer
triggering of AD [20,30]. In future work, AD development in various pulsatile pressure
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conditions should be carried out to see what kind of pulsatile pattern is the most dangerous
for development.

For simplicity, we employed water as the injected fluid in the two observation exper-
iments. In a further study, glycerol and water should be used to obtain a fluid with the
same viscosity as the blood. At the same time, the current research ignores the effect of
personalized aortic structure on a primary tear, of which tortuosity, curvature, or tapering
of the aorta may influence the sizes and positions of the primary tear [8,49]. By coupling
personalized aortic structure fabrication techniques with this study [35], more realistic AD
structures can be achieved, where thoracic endovascular repair (TEVAR) may be simulated.

In terms of subsequent development of the method, the intermural hematoma model
is also one of the directions. Hypertension and aortic intermural hematoma are not uncom-
mon in the advanced age group. In this model, the intermural hematoma aortic phantom
model can be obtained by reducing the tear characteristics or using highly permeable
silicone instead of tear fabrication. Future studies of tear triggering and hematoma volume
on wall morphology using the intermural hematoma phantom model, and even the assess-
ment of high-risk hematoma location, will be carried out gradually based on the technical
solutions of this study.

5. Conclusions

We fabricated an in vitro silicone model with primary tear and adhesion damage,
which developed a dissection via a stepwise pressurization experiment. The experimental
approach allows for clearly tracking the initiation and propagation process of dissection.

At the initiation stage, only the volume of TL increased with the pressurization. There
were no significant size changes for the primary interlayer damage. At the propagation
stage, a severe increase of FL volume was observed, accompanied by rapid inward move-
ment of the flap and the shrinking of the tear, leading to the decline of pressure in the
silicone phantom. Meanwhile, the thickness of the FL gradually decreased as the dissection
developed, which increased the risk of FL rupture. The size of the primary pocket-shaped
tear significantly influenced the pressure required to trigger dissection. The larger the
primary pocket-shaped area, the lower the pressure required.

The experimental results indicate that the primary tear and the weakening adhesion of
the vessel layers are key factors in AD development. These two features are also frequently
observed in patients with the acute aortic syndrome. This study suggests that some forms of
primary damage to the arterial wall, such as aortic ulceration with aortic hematoma, which
weakens the interlayer adhesion of the aorta, should be considered as early risk predictors
of AD. This type of dissected model will have good prospects for clinical translation in
areas such as interventional surgery rehearsal.

6. Patents

Qing-Zhuo Chi, Li-Zhong Mu, Ying He, and Zhen Cao. Manufacturing method of person-
alized extracorporeal interlayer physical model. China Invention Patent, CN112669687A.4[P],
16 April 2021 (Licensed).
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Abstract: It has been proven that the deformability of red blood cells (RBC) is reduced owing to
changes in mechanical properties, such as diabetes mellitus and hypertension. To probe the effects of
RBC morphological and physical parameters on the flow field in bifurcated arterioles, three types of
RBC models with various degrees of biconcave shapes were built based on the in vitro experimental
data. The dynamic behaviors of the RBCs in shear flow were simulated to validate the feasibility
of the finite element-Arbitrary Lagrangian–Eulerian method with a moving mesh. The influences
of the shear rate and viscosity ratios on RBC motions were investigated. The motion of RBCs in
arteriolar bifurcations was further simulated. Abnormal variations in the morphological and physical
parameters of RBCs may lead to diminished tank-tread motion and enhanced tumbling motion in
shear flow. Moreover, abnormal RBC variations can result in slower RBC motion at the bifurcation
with a longer transmit time and greater flow resistance, which may further cause inadequate local
oxygen supply. These findings would provide useful insights into the microvascular complications in
diabetes mellitus.

Keywords: diabetes mellitus erythrocyte; retinal vessel; fluid–structure interaction; lingering time

1. Introduction

Diseases related to microcirculation, such as diabetes mellitus (DM), hypertension, and
atherosclerosis, are major health problems in modern society. Retinopathy is one of the most
common complications of diabetes mellitus (DM). Retinal vasculature is readily displayed
in vivo and can be directly observed and characterized by non-invasive means. Health
assessment of the retinal vasculature is a potential biomarker of pathological processes in
the eyes and other organs [1].

Microvasculature is one of the basic components of microcirculation, and its size is
comparable to that of a red blood cell (RBC). RBCs are the main suspension component
of blood, functioning as transporters of oxygen and carbon dioxide between the lungs
and peripheral tissues. RBCs are composed of a viscous fluid and an elastic membrane
encapsulating the viscous fluid (hemoglobin solution). The RBC membrane is linked by a
combination of a phospholipid bilayer and a cytoskeleton (spectrin network) [2,3], with
the composite properties of a phospholipid bilayer and a protein network determining the
RBC biconcave shape, resulting in membrane elasticity and biomechanical properties [4] as
well as controlling RBC deformability [5]. Normal RBC deformability is a key determinant
of proper blood flow and function in microcirculation [6].

Several medical studies have demonstrated that, compared to healthy RBCs, the
concave depth, diameter, and deformation index of RBCs in DM decreased, while the
stiffness and viscosity increased [7]. Ciasca et al. [8] measured the viscoelasticity of RBCs
on a nanoscale and found increased viscosity and stiffness of diabetic RBC membranes
compared to healthy RBCs. Jin et al. [9] and AlSahi et al. [10] studied the effect of DM on
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RBC morphology by applying atomic force microscopy and fluorescence spectroscopy, and
pointed out that excessive glucose in the blood would lead to a swollen RBC shape. In
addition, excessive glucose causes RBCs aggregation, which eventually leads to increased
viscosity and slow the mobility of RBCs. Consequently, examining the effects of RBC mor-
phological and physical parameters on the flow field may enhance the basic understanding
of RBC behavior under healthy and DM conditions.

Fluid–structure interaction (FSI) is the most ideal method for studying the mechanism
of RBC motion in addition to in vitro experiments. Pozrikidis et al. [11] in 1995 developed
a simulation of capsule deformation in shear flow using the boundary integral method.
Wei et al. [12] applied the immersed boundary-lattice Boltzmann method to study RBC
motion and deformation in two-dimensional capillaries and calculated NO transport
properties across the RBC membrane. In a recent study, Balogh et al. [13] employed the
immersed-boundary method to present multiple RBCs motions in near-physiological three-
dimensional microvascular networks. Most studies on RBCs have ignored the thickness
of RBC membranes and treated RBCs as elastic capsules wrapped in a thin shell with no
thickness. Abnormal changes in the morphology and mechanical properties of RBC can
adversely affect RBC deformation.

Therefore, we considered the RBC membrane thickness and used classical shear
flow to validate the feasibility of the finite element-Arbitrary Lagrangian–Eulerian (ALE)
algorithm for calculating the RBC motion. Subsequently, we calculated the motion of
single and multiple RBCs in retinal bifurcating arterioles. Meanwhile, the pressure drop
at the bifurcation and the lingering time of the RBC at the bifurcation were quantified
and analyzed.

2. Materials and Methods

2.1. Retinal Vessel Model

The circulatory system plays a principal role in transporting blood, which contains
oxygen and nutrients indispensable for the growth and maintenance of the body, to the
immediate vicinity of the tissues of the organs [14]. The branching vascular parameters of
retinal arterioles can be described by the power law:

dk
0 = dk

1 + dk
2 (1)

where k is the vessel index, d0 is the parent vessel diameter, and d1, d2 are the child branch
vessel diameters, respectively. The branching power law was derived by Murray and Zamir
according to the principle of minimal work of the arterial system [15,16]. Several studies
have reported k values varying between 2 and 3 [17–19]. Here, the k value was taken as
2.1 [20].

The asymmetry index is used to describe the relationship between the child vessels:

ψ = d2/d1 (2)

Diameter ratio:
ψ1 = d1/d0 (3)

ψ2 = d2/d0 (4)

Bifurcation angle in accordance with the minimum pumping power and volume:

cos θ1 =
ψ−4

1 + 1 + ψ4

2ψ−2
1

(5)

cos θ2 =
ψ−4

1 + ψ4 − 1

2ψ2ψ−2
1

(6)
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Length of the retinal vessels:

l = 7.4(di/2)1.15, i = 0, 1, 2 (7)

The diameter, length, and bifurcation angle of each segment of the child vessel can
be calculated, given the diameter and asymmetry ratio of the parent vessel. In this study,
the parent vessel diameter d0 is set to 9.5 μm [21], and the asymmetry index ψ is 1, which
means that the child vessels are perfectly symmetrical.

2.2. RBC Model

An RBC is considered a viscous fluid wrapped by a viscoelastic membrane with a
biconcave shape. The model equation is as follows [22]:

(
x2 + y2 + a2

)2 − 4a2x2 = b4 (8)

where a and b are geometric parameters related to the RBC diameter d and height h [23]:

a2 = d2 − h2/8, b2 = d2 + h2/8 (9)

Here, the RBC membrane thickness was quoted from in vitro experimental studies,
setting as 54 nm [24,25]. We define three types of RBCs with different degrees of biconcave
shapes based on in vitro experimental studies: the healthy red blood cell (H-RBC), pre-
diabetic red blood cell (P-RBC), and diabetic red blood cell (D-RBC), whereas for a detailed
description of the RBC model parameters, we refer to [26].

2.3. Governing Equations

Blood is an incompressible fluid, and its flow equation is described by the Navier–
Stokes equation:

ρ f luid

[
∂u f luid

∂t
+
(

u f luid ×∇
)

u f luid

]
= ∇×

[
−pI + μ(∇u f luid + (∇u f luid)

T)
]

(10)

∇× u f luid = 0 (11)

where ρ f luid is the plasma density, u f luid is the plasma velocity vector, p is pressure, and
μ is viscosity. Plasma density and cytoplasmic density were chosen to have the same
magnitude, 1060 kg/m3. The viscosity ratio λ of cytoplasm viscosity and plasma viscosity
was defined as λ = μcytoplasm/μplasma, and the physiological viscosity ratio λc was 5 [27].

The RBC membrane is isotropic and viscous, and the behavior of the RBC fluid
interaction can be described by the elastic dynamic equation:

ρsolid
∂2Usolid

∂t2 = ∇σ + FV (12)

where ρsolid is the RBC membrane density, Usolid is the RBC membrane displacement vector,
σ is the stress tensor of the RBC membrane, and FV is the force per unit volume of RBCs.
The stress–strain relationship is expressed as follows:

σ = Gε + η
dε

dt
(13)

where G represents the RBC membrane shear modulus and G = E/(2(1 + ν)). Notably, E
and ν are Young’s modulus and Poisson’s ratio of the RBC membrane, respectively. η is
the viscosity of the RBC membranes. ε is the strain tensor of the RBC membrane, and its
equation is as follows:

ε(t) =
σ0

G
(1 − e−t/τ) (14)
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where σ0 denotes the initial strain tensor of the RBC membrane. τ is the relaxation time of
the RBC membrane, τ = η/G.

The interfaces between the RBC membrane, plasma, and cytoplasm are FSI boundaries.
Two-way coupling is captured along the FSI boundary by the fluid applying forces on the
RBC membrane, and the RBC membrane displacement imposes a moving wall boundary
condition on the fluid. These conditions can be expressed as:

σ × n = Γ × n (15)

u f luid = usoild (16)

usoild =
∂Usolid

∂t
(17)

where Γ is the force of the fluid acting on the RBC membrane, Γ =
[
−pI +μ(∇ufluid +(∇ufluid)

T)
]
,

n is the normal vector at the fluid–structure boundary, and usolid refers to the velocity vector
of the RBC membrane.

The Neo-Hookean model of hyper-elastic material was chosen for the RBC mem-
brane [28,29], and the Kelvin–Voigt model was adopted to realize the viscoelasticity of the
RBC membrane. The RBC membrane density is set to 1090 kg/m3 [30]. The parameters
used in the model are shown in Table 1.

Table 1. Values for parameters used in the model.

Symbol Value, Units Description

d0 9.5 μm parent vessel diameter
k 2.36 vessel index
ψ 1 asymmetry index

ρ f luid 1060 kg/m3 plasma density and
cytoplasmic density

ρsolid 1090 kg/m3 RBC membrane density
λc 5 physiological viscosity ratio
λ 1, 3, 5, 7, 9 viscosity ratio
υ 50, 100, 150 1/s shear flow rate

2.4. Boundary Conditions

The numerical simulations were carried out by the commercial software COMSOL Mul-
tiphysics 5.6 on AMD EPYC 7452 64-Core @2.35GHz computer node processor. COMSOL
Multiphysics is a largescale finite element analysis software for multi-physics simulation,
which is widely used in various fields of scientific research and engineering project cal-
culation. A fully developed velocity profile was set at the inlet, and the mean velocity
was set to 0.26 cm/s, which refers to a similar vessel size [21,31]. The outlet pressure
was set to 0 Pa. A moving mesh model was used to track the fluid deformation. Meshes
are performed using an ALE mesh, where the Eulerian mesh traces the fluid, and the
Lagrangian mesh describes the RBC membrane. RBCs undergo large deformations during
movement, resulting in mesh distortion. Therefore, an automatic remeshing technology
was adopted in the calculation when the mesh quality fells below a specified value of 0.2,
and the calculation continued after the solver remeshed. The meshes of the RBC membrane
were particularly refined. The numerical results are considered mesh-independent when
the difference in the pressure drop between two consecutive simulations is less than 2%.
Figure 1 shows the flow chart of numerical simulation framework in this study.
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Figure 1. Numerical simulation framework.

The values of RBC morphology and blood properties used were taken from the
published literature, as summarized in Table 2.

Table 2. Parameters used in the numerical simulation.

Parameters H-RBC P-RBC D-RBC

Diameter (μm) 6.91 [26] 6.82 [26] 6.89 [26]
Thickness (μm) 2.36 [26] 2.4 [26] 2.68 [26]

Concave depth (μm) 0.43 [26] 0.37 [26] 0.143 [26]
μplasma (Pa·s) 0.00128 [32] 0.00131 0.00133 [32]

E (kPa) 1820 [8] 2020 2520 [8]
τ (s) 0.1 [33,34] 0.08 [35] 0.07 [35]

3. Results

In the present study, we simulated the dynamic behavior of H-RBC, P-RBC, and D-
RBC in shear flow based on a finite element ALE method with a moving mesh, to validate
the feasibility of calculating RBC motion and explore the influence of shear rate υ and
viscosity ratios λ on RBC motion. Subsequently, we simulated RBC motion in a retinal
bifurcating arteriole to examine the effects of RBC morphology and physical parameters on
the hemodynamics of the bifurcating vessels.

3.1. Dynamic Behavior of RBC in Shear Flow

RBC in shear flow has identified two major dynamic behaviors: tank-tread (TT) motion
and tumbling (TB) motion (Figure 2). It can be observed that the TT motion of the marker
point and TB motion in D-RBC are the fastest. In this study, we focused on the form of RBC
motion at different viscosity ratios and different shear rates and compared the differences
among the three groups of RBC motion. Based on the previous studies, we simulated
RBC motion in shear flow at shear rates in υ = 50, 100, 150 1/s corresponding to viscosity
ratios λ = 1, 3, 5, 7, 9 [36,37]. The shear flow region was 20 μm × 20 μm, and the RBC was
located at the center. The upper and lower walls impose opposite velocities but the same
magnitude to form the shear flow, and the left and right sides are period boundaries.

Figure 2. Tank-tread (TT) motion (top) and tumbling (TB) motion (bottom).
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Under the shear force, when λ ≺ λc, the RBC begins to rotate, after rotating to a certain
inclination angle, it maintains a stable state. The RBC membrane undergoes TT motion. The
concave point of RBC gradually disappears, and its shape changes irregularly, Subsequently,
it stretches along the inclination direction [38]. Figure 3a provides the inclination angle of
three groups of RBCs in shear flow when λ = 1, 3 at υ = 50 1/s. When λ ≥ λc, the RBC
only undergoes TT motion in shear flow. Notably, with λ increasing slowly, the inclination
angle increases [39–41]. This agrees with the previous studies [39] that the form of RBC
motion is highly dependent on λ. Figure 3b shows the angle trajectory of the marker point
on RBC membrane over time at υ = 50 1/s. Notably, it can be found that lower λ has
a short period, D-RBC moves a little faster than P-RBC and H-RBC. Figure 3c shows TT
frequency of three groups of RBCs increases linearly with increasing υ [35]. The slope of
D-RBC is the largest, followed by P-RBC.

Figure 3. TT motion for λ = 1, 3 at υ = 50 1/s. (a) Inclination angle in shear flow λ = 1, 3 of RBC;
(b) trajectories of the marked point on the RBC membrane over time; (c) functional dependence of
RBC TT frequency with respect to υ.

Figure 4a shows the variation in the TB angle with time at υ = 50 1/s. During λ ≥ λc,
the RBC mainly undergo TB motion. The rotation speed of the D-RBC was greater than
that of the P-RBC and H-RBC. Higher λ has a faster TB speed and shorter TB period for
all RBCs. We counted TB frequency at υ = 50, 100, 150 1/s, as shown in Figure 4b. The
TB frequency increased linearly with increasing υ. In contrast to TT motion, greater λ
has a greater TB frequency. The TB frequency in D-RBC was higher than that in H-RBC
and P-RBC. It can be clearly seen that the TB frequency of the D-RBC is the largest at any
λ value. This is expected because the RBC shape and physical parameters have changed
significantly, which makes a big difference to RBC motion.
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Figure 4. TB motion for λ = 5, 7, 9 at υ = 50 1/s. (a) TB angle of RBC at λ = 5, 7, 9 over time;
(b) functional dependence of TB frequency with respect to υ.

3.2. Dynamics of an RBC in Flowing through a Retinal Bifurcating Vessel

In this section, we studied the dynamics and rheology of three groups of RBCs through
the retinal bifurcating vessels at λ = λc = 5, as shown in Figure 5. The RBC is released
along the center of the vessel and gradually adopts the shape of a parachute in the parent
vessel. After flowing into a child vessel with a diameter smaller than that of RBC, the RBC
stretches to flow in an elongated bullet shape. As the RBC approaches the bifurcation, it
immediately folds in the opposite direction, and we have observed that the RBC lingers for
some time at the bifurcation.

Figure 5. Snapshots of an RBC motion and deformation at different moments in the retinal
bifurcating vessel.

To examine the influence of RBCs on the flow field, we extracted the velocity distri-
butions at moments t1 and t2 of the a-a section near the bifurcation of the vessel. Figure 6
presents the velocity profile distribution of the a-a section at t1 and t2 moments (t1 < t2).
The velocity profile in D-RBC is blunt compared to the other groups at the t1 moment
shown in Figure 6a, while after RBC has passed through the a-a section, the velocity profiles
in H-RBC and P-RBC are blunt compared to those in D-RBC, as shown in Figure 6b. This
indicates that the RBC shape and physical parameters have little effect on the flow field
during a single RBC moving. However, the redistribution of RBC may affect the flow field
after approaching the bifurcation.
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Figure 6. The velocity profile distribution of the a-a section: (a) when the RBC does not pass through
the a-a section but close to it at the moment, t1; (b) when the RBC passes through the a-a section at
the moment, t2.

To take lingering into account, we refer to the definition of the lingering phenomenon
of RBCs at the bifurcation in reference [42], indicating that the RBC lingers at the bifurcation
if RBC velocity decreases severely near the bifurcation. The velocity of the three groups of
RBCs increased slowly in the parent vessel, and close to the bifurcation, the RBC velocity
decreased rapidly for some time, as shown in Figure 7a. The D-RBC velocity decreased
more at the bifurcation as well as at the child vessel. Therefore, we withdrew the periods
when the RBC velocity was less than 30 μm/s to quantify the lingering time of RBCs in each
group, as shown in Figure 7b. The P-RBC lingering time was slightly longer than H-RBC,
and the D-RBC lingering time was the longest. Thus, we predict that the biconcave shape
of RBC decreases and the viscosity and stiffness of RBC increases, which may increase the
resistance of vessel.

Figure 7. (a) The RBC velocity distribution in the retinal bifurcating vessel; (b) RBC lingering time in
the retinal bifurcating vessel.

Due to the lingering of RBCs at the bifurcation, we quantify the pressure drop changes
during an RBC moving in the retinal bifurcating vessel over time, as shown in Figure 8.
The pressure drop of three groups of RBCs is basically the same when the RBC moves in
the parent vessel, whereas the pressure drop increases sharply when the RBC closes the
bifurcation. Consequently, the pressure drop remains slightly increasing for a period of
time at the bifurcation, when the RBC flows out of the bifurcation, and the pressure drop
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decreases slowly and increases slightly in the child vessel. The pressure drop in the D-RBC
is greater than that in the H-RBC and P-RBC during RBC motion, which means that the
D-RBC leads to a higher resistance at the bifurcation during motion.

Figure 8. The pressure drop in the retinal bifurcating vessel.

3.3. Dynamics of Multi-RBCs in Flowing through a Retinal Bifurcating Vessel

To examine the effect of multiple RBCs motions on the flow field, we simulated the
dynamic behavior of five RBCs in the retinal bifurcating vessel at λ = λc = 5. All RBCs
were placed in the center of the parent vessel at an intercellular distance of 4 μm, as shown
in Figure 9. When the RBCs reached the bifurcation, the preceding RBC was observed to
undergo deformation. It is worth noting that the deformation of the preceding RBC affects
the deformation of the following RBC, and the preceding RBC stays at the bifurcation for a
long time, which can cause the next RBC to stack at the bifurcation and block the entrance
of a child vessel. The deflection of the mass center determines which child branches the
next RBC enters.

Figure 9. Snapshots of multi-RBCs motion and deformation at different moments in the retinal
bifurcating vessel.

Figure 10 presents the velocity distribution of the b-b section at t1 and t2 moments
(t1 < t2). The velocity profile is blunted owing to the approach of the RBCs at the t1 moment
in Figure 10a, while there is essentially no difference in the velocity distribution among
the three groups of RBCs. Figure 10b shows the velocity distributions of section b-b when
all RBCs have just passed through the b-b section at the moment, t2. For the H-RBCs, the
velocity profile has two peaks, which are indicative of a relatively equal distribution of
H-RBCs at the bifurcation. We predicted that this would result in a more homogenous
distribution of the RBC flux in the child vessel. Conversely, the P-RBCs and D-RBCs
have enhanced aggregation at the bifurcation, causing the velocity profile to be inclined
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toward the wall. This indicates that there is a more uneven RBC distribution in DM and
hyperglycemia at the bifurcation, which may cause unequal redistribution of RBCs in the
child vessel, resulting in large heterogeneity in the vessel hematocrit and a reduction in the
average capillary discharge hematocrit.

Figure 10. The velocity distribution of the b-b section: (a) when RBCs do not pass through the
b-b section but close to it at the t1 moment; (b) when RBCs have just passed through the b-b section
at the t2 moment.

Previously we observed that one RBC at the bifurcation causes an increase in pressure
drop, whereas one RBC is far from the physiological situation. Therefore, in this study, we
quantified the change in pressure drop when multiple RBCs move in the vessel. Figure 11
shows the distribution of the pressure drop in the vessel during RBC motion. The pressure
drop in the parent was essentially the same for all the groups. When RBCs flowed into
the bifurcation, the pressure drop increased sharply and then decreased sharply at the
bifurcation. The largest pressure drop for D-RBCs is 167.67 Pa at the bifurcation, while that
for H-RBCs is 155.82 Pa, implying that in a specific vessel, D-RBC causes a higher flow
resistance compared to H-RBC.

Figure 11. The pressure drop in the retinal bifurcating vessel.

4. Discussion

First, we analyzed the effects of λ and υ in shear flow on the dynamic behavior of
RBC. When λ ≺ λc, RBCs perform TT motion, and when λ ≥ λc, RBCs mainly perform
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TB motion. We found that the TT motion and TB motion speed of the D-RBC are greater
than those of the H-RBC, which is consistent with the results of previous experiments [43].
The TT motion perimeter becomes longer as the RBC is stretched in shear flow, while the
biconcave shape and diameter of the D-RBC also decreased to some extent, which led to a
slightly greater TT frequency in the D-RBC than in the other two groups. In addition, the
slowing down of the TT motion with an increasing viscosity ratio is due to the increased
viscosity in the cytoplasm, which slows down the rotation of the cytoplasm and motion of
the RBC membrane [44].

As the cytoplasmic viscosity increases further, a shift from the TT motion to TB motion
can be induced. This is due to the fact that as the viscosity increases, the transfer of shear
torque to the membrane becomes increasingly difficult, at which point the RBC behaves like
a near rigid solid and shows TB motion [45]. The larger the λ, the faster the TB frequency. It
is closer to a rigid particle, which leads to a higher TB frequency as the viscosity of the RBC
increases. It is possible that increased viscosity makes it less likely to flow, and a decrease
in the RBC deformability leads to a significant increase in the TB motion [46,47].

Second, we analyzed the velocity, pressure drop, and lingering time of the RBC in
the retinal bifurcating vessel. Our simulations revealed that the transit time of the H-RBC
throughout the retinal bifurcating vessel was lesser than that of the D-RBC and P-RBC.
This difference mainly occurs near the bifurcation and downstream of the bifurcation.
Peduzzi et al. [48] showed that blood rheology disorders can cause capillary and post-
capillary small venous stagnation in patients with DM and that stagnation is a major cause
of blindness in patients with DM. The increased lingering time of RBC at the bifurcation
decreases the blood flow in the retinal vessels, and the stagnation of microcirculatory
blood flow leads to local hypoxia and lactic acidosis, which in turn causes microvascular
damage [49]. Related studies have shown that a concomitant increase in blood viscosity
caused by hyperglycemia [50] and increased RBC viscosity in DM leads to decreased RBC
deformability and mobility, which increases the intrinsic resistance to blood flow in the
vasculature [51,52]. The transit time of RBC increases with increased blood glucose [53],
indicating that the retinal vasculature is susceptible to hyperglycemic injury, and the
presence of hyperglycemia has given importance by patients.

In addition, we found that the local pressure drop at the bifurcation increased and the
overall pressure drop in the D-RBC and P-RBC flowing in the vessel was greater than that in
the H-RBC. This is due to the lingering of RBC at the bifurcation, which leads to a decrease
in flow into the child vessel and an increased pressure near the entrance of the child vessel.
Therefore, a sharp rise in the pressure drop near the bifurcation, leads to a significant
increase in the resistance to flow, which is consistent with the findings of Peter Balogh [13].
In the DM state, increased glycosylation, cholesterol, and oxidative stress may lead to
swelling of RBCs with impaired deformability [54]. Thus, the combination of the reduced
biconcave shape of the D-RBC and physical parameters leads to a higher local pressure
drop than that in the H-RBC. Several qualitative studies have been performed to study
the effects of RBC physical parameters on hemodynamics. We additionally investigated
the effect of RBC shape on hemodynamics (the results are not yet published). Keeping
other parameters constant, the reduced biconcave shape of RBC still increases the transit
time and flow resistance, indicating that the hemodynamic parameters are highly sensitive
to RBC morphology and that the alteration of RBC morphology is a potential marker of
microvascular disease.

Finally, we analyzed the velocity and pressure drop of multiple RBCs in a bifurcating
retinal vessel. The pressure drop induced by D-RBCs at the bifurcation is significantly
greater than that induced by H-RBCs, indicating that D-RBCs induce greater resistance to
the flow in retinal vessels, which may reflect more pronounced hemodynamic disturbances
in retinal vessels in DM. The enhanced aggregation of D-RBCs and P-RBCs at the bifur-
cation, increased lingering time, and decreased RBC deformability resulted in a dramatic
increase in local pressure drop, and created greater flow resistance, which is the result of
a combination of reduced RBC biconcave shape, increased viscosity, and RBC membrane
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stiffness. This suggests that the DM state is more prone to vascular occlusion, leading to
local hypoxia. Kiani et al. [55] simulated flowing deformable disc-shaped particles and
found an order-of-magnitude increase in the pressure gradient at a bifurcation. P-RBCs
also caused a certain degree of rising pressure drop relative to H-RBCs. Previous studies
have shown that a hyperglycemic state can induce the accumulation of oxidative stress,
which promotes cellular damage and the development of DM complications [56,57]. As
the blood glucose level increases, RBC aggregation is also enhanced [53]. Vekasi et al. [58]
noted that chronic hyperglycemia may lead to disturbances in blood rheology, leading to
further microcirculatory disturbances. D-RBCs exhibit an increased adhesion to the vascu-
lar endothelium at bifurcation [59], and RBCs and endothelial cells may act synergistically
to severely impede retinal perfusion and trigger retinopathy. Previous studies have shown
that a significantly higher number of endothelial cells at bifurcation occurs in patients with
DM than in other patients [60]. This is due to the altered structure and function of RBCs,
which can increase their aggregation and adhesion to endothelial cells [61]. Therefore, a
decrease in the biconcave shape of RBC and an increase in the viscosity and RBC membrane
stiffness may exacerbate the process of disease.

In this study, although the thickness of the RBC membrane was taken into account, the
effect of the actual composition of the RBC membrane on its movement was not thoroughly
considered. In addition, due to the limitation of computing resources, the calculated
retinal blood vessel is a symmetric idealized model, and the real microvessel network with
the development of the disease has not been established. In the 3D modeling work of
biomechanics of D-RBC by Chang et al. using spring network model [35], the computed
frequency of the angular trajectory for the marked particle of the cell membrane is larger
than ours, implying that the overall two-dimensional model can solely represent part of the
RBC behaviors in microvessel network. In the future, a three-dimensional RBC continuum
model should be developed in the next work. A foreseeable extension of the work would
be to investigate the RBC movement and vasodilation function in the real retinal vascular
network model extracted from available imaging data, so that more clinical supports can
be used for comparison.

5. Conclusions

First, hemodynamic calculations were performed for H-RBCs, P-RBCs, and D-RBCs in
shear flow, and the effects of RBC morphology and physical parameters on RBC dynamic
behavior were investigated. The TT motion, TB motion, and linear relationship between TT
frequency, TB frequency, and shear rate are consistent with the results of previous studies,
indicating that the finite element method can successfully predict the complex dynamics
of RBC in the shear flow under different periods. We found that abnormal variations in
the morphological and physical parameters of RBCs may lead to diminished tank-tread
motion and enhanced tumbling motion in shear flow.

Second, single and multiple RBC motions were simulated in the retinal bifurcation
vessels to compare changes in hemodynamic parameters of H-RBCs, P-RBCs, and D-
RBCs in the retinal bifurcation vessels. The results show that as DM progresses, the
RBC lingering time becomes longer at the bifurcation, resulting in sharply increasing
local pressure and a greater resistance to flow, leading to longer transit times of RBCs
throughout the vessel, and which may promote further development of DM, and provoke
microcirculatory complications.
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Abstract: The purpose of this study is to obtain the digital twin parameters of the thyroid gland and
to build a constitutional model of the thyroid gland based on continuum mechanics, which will lay
the foundation for the establishment of a surgical training system for the thyroid surgery robot and
the development of the digital twin of the thyroid gland. First, thyroid parenchyma was obtained
from fresh porcine thyroid tissue and subjected to quasi-static unconfined uniaxial compression tests
using a biomechanical test platform with two strain rates (0.005 s−1 and 0.05 s−1) and two loading
orientations (perpendicular to the thyroid surface and parallel to the thyroid surface). Based on this,
a tensile thyroid model was established to simulate the stretching process by using the finite element
method. The thyroid stretching test was carried out under the same parameters to verify the validity
of the hyperelastic constitutive model. The quasi-static mechanical property parameters of the thyroid
tissue were obtained by a quasi-static unconstrained uniaxial compression test, and a constitutional
model that can describe the quasi-static mechanical properties of thyroid tissue was proposed based
on the principle of continuum media mechanics, which is of great value for the establishment of a
surgical training system for the head and neck surgery robot and for the development of the thyroid
digital twin.

Keywords: thyroid; biomechanics; constitutive model; hyperelasticity

1. Introduction

Thyroid cancer is a malignant tumor with a high clinical incidence, and its incidence
has been increasing year by year in recent years. Surgery is a common treatment modal-
ity [1]. With the development of surgical robotics, more and more surgical robots are used
in thyroid surgery; however, traditional surgical robot training has the challenges of a
high cost; long lead time; high risk; difficult quantitative evaluation; and high reliance
on cadavers, silicone models, and animals [2,3]. Supported by virtual reality, artificial
intelligence, human–computer interaction, digital twin, modern medicine, and other tech-
nologies, establishing virtual operating area models, carrying out virtual surgery training,
realizing digital simulation of the soft tissue structure and function from microscopic to
macroscopic, and complete presentation of intraoperative tissue and organ morphology,
rheological models are the key breakthroughs for solving the above problems.

Virtual surgical training, based on interaction and feedback, has significant advantages
over traditional surgical robot training, which relies on physical objects, in terms of reducing
risk costs and avoiding ethical and moral issues [4]. To establish soft tissue digital twins in
virtual surgical training systems, it is urgent to understand the real mechanical properties
of tissues and organs, as well as to provide accurate material constitutive models. Therefore,
it is of great importance to fully understand the quasi-static mechanical properties of the
thyroid gland and to develop corresponding material constitutive models.
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Yamada H. [5] and Thibault L.E. et al. [6] earlier focused on the mechanical properties
of soft tissue organs and studied the mechanical properties of organ soft tissues using
rabbits and primates, respectively. In the last two decades, surgical robots have developed
more rapidly, and their safety assessment has received more and more attention and more
experimental tools have been used. Several researchers have investigated the mechanical
properties of soft tissues using compression tests [7–9], tensile tests [10,11], and indentation
tests [12,13], and there are some differences in the results obtained under different testing
conditions or experimental specifications. In addition, some indirect measurement methods
based on imaging techniques, such as magnetic resonance elastography (MRE) [14] and
ultrasound imaging [15], have also been applied to study the mechanical properties of soft
tissues. Most of these direct or indirect testing methods are for soft tissues with a larger
morphology, such as liver, muscle, and tracheal hose, and mechanical properties studies on
the thyroid gland have not been reported.

Biomechanical modeling of soft tissues is one of the applications of rheological models.
The functional relationship between the stress tensor and strain tensor is usually referred to
as constitutive model, which is a mathematical model reflecting the macroscopic properties
of the material. Zahra et al. [16] proposed a hyperelastic constitutive model to describe
the behavior of soft tissue (as an isotropic homogeneous material) based on continuum
media mechanics. Yang et al. [17] proposed a porous hyperelastic model using the shear
wave elastography (SWE) technique and, based on this constitutive model, derived the
relationship between the wave velocity and the solid matrix deformation generated by the
parameters of the constitutive model and the internal pressure. There are less experimental
data and studies on the mechanical properties of thyroid tissues in previous studies,
and there is no consultable constitutive model of the thyroid that can correspond to the
experimental results.

In this paper, we investigated the quasi-static mechanical properties of porcine thy-
roid tissue using a biomechanical test platform equipped with Nano25 high-precision
sensors, and designed quasi-static unconfined uniaxial compression tests with strain rates
of 0.005 s−1 and 0.05 s−1, and loading directions perpendicular to and parallel to the thy-
roid surface. The effects of different strain rates and loading directions on the mechanical
properties of porcine thyroid tissue were investigated. Based on this, a constitutive model
was developed to describe the quasi-static mechanical properties of the porcine thyroid
gland based on the theory of a hyperelastic constitutive model of a rubber-like material.

2. Materials and Methods

2.1. Specimen Preparation

Out of respect and adherence to ethical norms, animal tissues and organs are usually
used as substitutes to approximate the mechanical properties of human tissues and organs,
and this result will be influenced by the animal species [18], and the reference significance
of choosing animals with mechanical properties closer to those of human tissues and
organs for the study will be greater. Numerous scholars have tested the mechanical
properties of the soft tissues of pigs and then studied the mechanical properties of human
soft tissues [9,19,20]. Therefore, in this paper, the porcine thyroid gland was chosen as a
substitute for studying the mechanical properties of the human thyroid gland.

The thyroid gland used in the experiment was obtained from 10 adult Landrace pigs,
and the whole neck was cut and separated after slaughter and transported to the laboratory
at a constant temperature of 4 ◦C. In order to maintain the moisture of the organ tissues,
saline was sprayed regularly during the preparation of specimens and experiments after
delivery to the laboratory; meanwhile, to minimize the effect of post-mortem time on tissue
mechanics, each experiment was controlled within 8 h after slaughter.

Isolation of the thyroid gland from the neck of a pig is a prerequisite for specimen
preparation, a process that requires the experimenter to be able to accurately identify
the thyroid gland to be isolated from the complex tissue structure of the pig neck. The
location of the porcine thyroid gland is similar to that of the human body and is located

160



J. Funct. Biomater. 2022, 13, 283

at the junction of the larynx and trachea, approximately anterior to the second to fourth
tracheal cartilage rings. The porcine thyroid samples in the experiment were taken from
the parenchymal portion of the thyroid gland. The thyroid gland was first identified as
described above, and was detached from the cervical trachea and surrounding tissues
and muscles with a scalpel. A total of 10 thyroid glands were isolated, each weighing
approximately 50 g. Then, a rectangular sample strip with a thickness of about 6 mm
was cut out using a double-row tool, and then annular drilling tools were used to drill a
circular sample strip of the thyroid gland with a diameter of about 10 mm in two directions:
perpendicular to the thyroid surface and parallel to the thyroid surface, respectively, as
shown in Figure 1. The prepared specimen was in the form of a cylinder with a diameter of
10 mm and a height of 6 mm. Large defects in the sample should be avoided during the
preparation process, such as the inclusion of blood vessels, apparent unevenness of the
upper and lower surfaces, and other parts. The original dimensions of the thyroid sample
strips were measured using digital vernier calipers to measure their length, width, and
thickness several times, and the average value was taken as the initial dimensions of the
sample strips.

 

Figure 1. Diagram of the process for preparing thyroid specimens.

2.2. Uniaxial Compression Experiment

In the study of soft tissue biomechanical properties, multi-axial tensile and compres-
sion experiments are often designed. In the article, an unrestricted compression test under
quasi-static conditions was designed to study the quasi-static mechanical properties of the
thyroid gland. The reason for this is that considering the small size of the thyroid gland, it
was difficult to prepare suitable samples for multiaxial stretching. To try to compensate for
the shortcomings of the uniaxial experiments, the article prepared experimental samples
from perpendicular to the surface of the porcine thyroid gland and parallel to the surface of
the porcine thyroid gland, respectively, and the samples were taken from the parenchymal
part of the porcine thyroid gland, avoiding the blood vessels and uneven parts of the
thyroid gland as much as possible. The unconfined compression experimental method is
one of the common means to obtain the mechanical response of soft tissues [18], which
usually uses a compression platform to compress soft tissue samples with a certain regular
shape, and the contact surface between the platform and the soft tissue sample is in a
free state during the compression process, and ensures that the soft tissue sample can be
deformed freely along the radial direction as much as possible.

The thyroid gland quasi-static compression experiments were performed on a built
biomechanical test platform, as shown in Figure 2, which was equipped with a Nano25
high-precision six-dimensional force/moment transducer with a high accuracy and high
stiffness, and the experimental strain rate was set at 0.005 s−1 and 0.05 s−1, in accordance
with the requirements of the quasi-static tests. As the elasticity of the biological soft tissues,
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such as the thyroid gland, mainly comes from changes in entropy, and there is no unique
natural state for it [8], in order to achieve a relatively stable state for the samples, the
prepared samples were pretreated before conducting the experiments, i.e., 10 load–unload
cycles of compression were performed with a compression load of 3 N each time, and
the samples were left to stand for 200 s after the pretreatment as the recovery time of the
samples. After the recovery phase, the thyroid sample was placed in the center of the
compression lower platform, and the compression table was controlled to compress the
sample at 0.03 mm/s until the strain was greater than 25%, and the parameters of pressure,
displacement and time during this process were collected at 125 Hz. Ten sets of experiments
were conducted for both samples (vertical thyroid surface and parallel thyroid surface)
according to the above test method. During the above experiments, a small amount of
saline was dropped on the sample surface at regular intervals in order to avoid excessive
water loss from the sample. In addition, to meet the needs of unrestricted compression, a
layer of vegetable oil (vegetable oil processed from GM soybeans with a viscosity (E020 ◦C)
of 8.5) was brushed on the surface of the two indenters in contact with the specimen.

 

Figure 2. Uniaxial compression test of the thyroid gland.

2.3. Hyperelastic Modeling

A constitutive model based on strain energy functions is commonly used to describe
the hyperelastic properties of rubber-like materials, and several commonly used strain
energy density functions are provided in some finite element software, such as the Mooney–
Rivlin model [21,22], the Yeoh model [23,24], the Ogden model [25], and the Neo- Hookean
model [26]. Based on these commonly used strain energy density functions, or with ap-
propriate modifications, some researchers have developed constitutive models describing
the hyperelastic characteristics of various types of biological soft tissues and other materi-
als [27–29], and the article will also develop a constitutive model for hyperelasticity of the
thyroid tissue under low strain rate conditions by choosing an appropriate strain energy
density function.

According to the finite deformation theory, a material point is located at X before
deformation and it is located at x after deformation, then the deformation gradient is

F = ∂x/∂X (1)

In the case of finite deformation, the deformation of the material can be described
by the right Cauchy–Green deformation tensor C. The right Cauchy–Green tensor C is
expressed by the following equation

C = FTF (2)
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The effect of tissue anisotropy on the model cannot be ignored in the modeling of
biological soft tissues. Giannokostas et al. [30] included the influence of the anisotropy of the
parts of the arteries in the modeling of blood vessels, which greatly improved the accuracy
of the model; in the modeling of organs such as the liver, kidney, and spleen [8,9,29], they
are usually considered as an isotropic material to study. In the article, it is considered that
the thyroid gland is a gland with internal capillaries, capsules, and other structures, similar
to organs in terms of structure and somewhat different from blood vessels. In order to
simplify the model as much as possible and reduce the computational effort of the model,
the thyroid gland is approximated as an isotropic material.

The three invariants, I1, I2 and I3, of the Cauchy–Green deformation tensor C for an
isotropic material are denoted as⎧⎪⎪⎨

⎪⎪⎩
I1 = tr(C) = λ2

1 + λ2
2 + λ2

3

I2 = 1
2
[
I2
1 − tr(C2)

]
= λ2

1λ2
2 + λ2

2λ2
3 + λ2

3λ2
1

I3 = det(C) = λ2
1λ2

2λ2
3

(3)

where λ1, λ2, and λ3, denote the three principal elongations. When the material is incom-
pressible, I3 = 1. For incompressible isotropic materials, the strain energy density function
is usually a function of the strain invariants I1 and I2.

The Yeoh model [23] is a cubic strain energy function, which is able to describe the
materials in which the shear modulus changes with deformation, and the parameters ob-
tained from the experimental fitting of some simple deformation can predict the mechanical
behavior of other deformation cases, and the applicable deformation range is also wide
enough to simulate large deformations. The model contains only the invariant variable I1,
and the strain energy density function is

W = C10(I1 − 3) + C20(I1 − 3)2 + C30(I1 − 3)3 (4)

where, C10, C20, and C30 are the material parameters.
For incompressible hyperelastic materials, the principal Cauchy stress is usually

determined by the following equation

σe
i = λi

∂W
∂λi

− pe(i = 1, 2, 3) (5)

where pe is the hydrostatic pressure of the hyperelastic material.
Substituting Equations (3) and (4) into Equation (5), the principal Cauchy stress can be

expressed as
σe

i = 2λ2
i

[
C10 + 2C20(I1 − 3) + 3C30(I1 − 3)2

]
− pe (6)

For the uniaxial compression test, let λ1 = λ denote the elongation in the loading
direction and σe

1 = σe denote the first principal Cauchy stress, under the assumption of
incompressibility, we have {

λ2 = λ3 = λ−1/2

σe
2 = σe

3 = 0
(7)

Substituting the above equation into Equation (6), we have

σe = 2λ2
[
C10 + 2C20(I1 − 3) + 3C30(I1 − 3)2

]
− pe (8)

0 = 2λ−1
[
C10 + 2C20(I1 − 3) + 3C30(I1 − 3)2

]
− pe (9)
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Combining the above two equations with Equations (3) and (7) yields

σe = 2
(

λ2 − λ−1
)[

C10 + 2C20

(
λ2 + 2λ−1 − 3

)
+ 3C30

(
λ2 + 2λ−1 − 3

)2
]

(10)

In the above equation, the principal elongation λ can be expressed by λ = 1 + ε, and ε
is the engineering strain; the principal Cauchy stress σe can be expressed by σe = Teλ, and
Te is the engineering stress.

The engineering stress–strain curve obtained from the quasi-static compression test
with a strain rate of 0.005 s−1 was selected for the fitting, and parameters C10, C20, and C30
were obtained.

3. Results and Discussion

3.1. Quasi-Static Mechanical Properties

In the quasi-static compression test of the porcine thyroid, the directly obtained data
are the loading force, loading velocity, time, etc. The corresponding calculations using
the directly obtained raw data allow for the analysis of stress–strain, stress–elongation,
stress–time, strain–time, and other relationships. The relevant parameters are calculated
as follows

σ =
F
A

(11)

ε =
L − L0

L0
=

ΔL
L0

(12)

where σ is the stress in MPa; F is the loading force applied to the soft tissue collected by the
transducer in N; A is the initial cross-sectional area of the sample in mm2; ε is the strain,
dimensionless; L is the length of the specimen after stretching in mm; and L0 is the initial
specimen length in mm.

The resulting stress–strain curves were obtained for porcine thyroid tissue at two strain
rates (0.005 s−1 and 0.05 s−1) and two loading directions (perpendicular to the thyroid
surface and parallel to the thyroid surface). As the samples had some individual variability,
the average stress at the same strain in the six sets of experiments was taken to make a
stress/strain graph, as shown in Figure 3. It can be seen from the figure that the mechanical
properties of the thyroid tissue did not change significantly when the strain rate increased
from 0.005 s−1 to 0.05 s−1; the average stress–strain curves of the thyroid tissue were
also very close for both loading directions, which indicates that the thyroid tissue can be
considered as an isotropic material as far as the specimens used in the tests are concerned.
Similar conclusions were reached by Farhana [8] and Umale et al. [9] in their studies on the
mechanical properties of soft tissues such as the liver, kidney, and spleen.

Figure 3. Stress–strain curve of the thyroid quasi-static compression test.
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The average stress–strain diagram obtained from the compression test data of porcine
thyroid tissue is shown in Figure 4, and the quasi-static mechanical properties of the thyroid
were analyzed based on this diagram. The figure shows that the stress–strain diagram
under quasi-static showed a concave-upward nonlinear characteristic, the stress amplitude
was low in the initial stage, and when the strain exceeded 30%, the thyroid tissue was
gradually compacted and the stress increased rapidly. The compression experimental
process was divided into three stages: the first stage was the small deformation stage
(segment OA in the figure), in which the stress–strain curve varied approximately linearly
(slope k1) and the stress increased slowly with the increasing strain; the second stage was
the nonlinear stage (segment AB in the figure), in which the stress–strain curve showed
a nonlinear variation; the third stage was the large deformation stage (segment BC in the
figure), in which the stress–strain curve again showed a linear variation (slope k2) and the
stress increased rapidly with the increasing strain.

Figure 4. Analysis of the mechanical properties of the thyroid gland in pigs.

In a material stress–strain curve, the slope of the linear phase represents the Young’s
modulus. For thyroid tissue, the slope of the stress–strain curve in the small deformation
phase (k1) can be used as the Young’s modulus in the small deformation phase of the
thyroid (E1), and the slope of the stress–strain curve in the large deformation phase (k2)
can be used as the Young’s modulus in the large deformation phase of the thyroid (E2).
It is of interest that in the large deformation stage, a certain degree of damage occurred
inside the thyroid tissue, thus this stage contained the plastic phase of the thyroid tissue
deformation process. According to the average stress–strain diagram, the Young’s modulus
of the thyroid tissue in the small deformation stage and the Young’s modulus in the large
deformation stage could be obtained, and the calculated results are shown in Table 1.

Table 1. Results of calculating Young’s modulus of the porcine thyroid.

Test Group E1 (MPa) E2 (MPa)

1 2.238 × 10−5 3.430 × 10−3

2 1.696 × 10−5 3.590 × 10−3

3 2.459 × 10−5 2.680 × 10−3

4 2.670 × 10−5 2.950 × 10−3

5 2.362 × 10−5 2.740 × 10−3

6 1.972 × 10−5 3.260 × 10−3

Mean 2.233 × 10−5 3.108 × 10−3

Variance 1.230 × 10−11 1.405 × 10−7

E1 Young’s modulus in the small deformation phase of the thyroid; E2 Young’s modulus in the large deformation
phase of the thyroid.
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3.2. Hyperelastic Constitutive Model

The hyperelastic model fitting function provided by ABAQUS finite element software
was used to fit the quasi-static stress–strain curve of thyroid tissue with several common
hyperelastic models (Mooney–Rivlin, Ogden, Neo-Hooke, and Yeoh), and the fitting results
are shown in Figure 5 and the model parameters are shown in Table 2. The fitting results
showed that the Mooney–Rivlin and Neo-Hooke models differed significantly from the
experimental results when describing large strains (strains exceeding 25%), and the five-
parameter Ogden and Yeoh models could better describe the quasi-static mechanical
properties of the thyroid tissue. Considering the minimization of the model parameters, the
Yeoh model was chosen to describe it. based on the experimental data of the compression
test, the coefficients of the Yeoh model could be determined, i.e., C10 = 1.9 × 10−3 MPa,
C20 = −2.3 × 10−3 MPa and C30 = 0.04 MPa. Therefore, the Yeoh hyperelastic constitutive
model of the thyroid tissue could be described as follows

W = 1.9 × 10−3(I1 − 3)− 2.3 × 10−3(I1 − 3)2 + 0.04(I1 − 3)3 (13)

Figure 5. Fitting of the thyroid stress–strain curve to the constitutional model.

Table 2. Hyperelasticity constitutive model fitting parameters.

C10/MPa C20/MPa C30/MPa A1/MPa A2/MPa R2

N-H 2.357 - - - - 0.564
M-R 1.7 × 10−2 1.7 × 10−2 - - - 0.661

Ogden −0.305 0.297 1.619 10.267 −25 0.996
Yeoh 1.9 × 10−3 −2.3 × 10−3 0.04 - - 0.999

In the table, C10, C20, C30, A1 and A2 are the material parameters; R2 is the correlation coefficient; and “-”
represents no parameter value.

This model parameter will provide an important material basis for the simulation
of thyroid gland deformation and damage assessment during the interaction of surgical
instruments, which is important for the safety assessment of thyroid surgery robots.

Su et al. [31] performed viscoelastic modeling of biological soft tissues using the
following viscoelastic model

E(t) =
n

∑
i=1

Eie−t/τi + En+1 (14)
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where Ei and τi are the model parameters; n is the number of the Prony-series; En+1 is the
static elastic modulus (i.e., the long-term relaxation modulus), and

En+1 =
σ∞

ε0
(15)

where σ∞ is residual stress and ε0 is the constant strain.
The model describes the viscoelasticity of the material more accurately and its param-

eters are easier to obtain by numerical fitting based on stress relaxation tests. To obtain
the parameters of this model, we designed the thyroid stress relaxation test: the sample
preparation was similar to the compression experiment in the form of a cylinder with a
diameter of 10 mm and a height of 6 mm. The indenter in the controlled experimental plat-
form (shown in Figure 2) compressed the sample at a speed of 200 mm/min to 0.75 times
the original length, stopped compression, and fixed the indenter position for 1000 s. Six
tests were performed, and the statistics of the initial and final stresses are shown in Table 3.

Table 3. Statistics on stress in stress-relaxation tests.

Test Group Initial Stress (MPa) Last Stress (MPa)

1 2.646 × 10−2 3.738 × 10−3

2 2.854 × 10−2 4.012 × 10−3

3 1.762 × 10−2 3.532 × 10−3

4 2.931 × 10−2 4.216 × 10−3

5 1.912 × 10−2 2.974 × 10−3

6 2.491 × 10−2 3.685 × 10−3

Mean 2.433 × 10−2 3.693 × 10−3

Variance 2.39 × 10−5 1.84 × 10−7

It was found that the thyroid stress relaxation was accurately reflected when i = 4.
The mathematical expression was a relatively simple viscoelastic model. The Maxwell
viscoelastic model was used to fit the thyroid stress relaxation curve, as shown in Figure 6.
The model can be described as

G(t) =
4

∑
i=1

Eie−t/τi + E5 (16)

where Ei is relaxation modulus (unit: MPa), and τi is relaxation time (unit: s), expressed by

(E1, E2, E3, E4, E5) = (0.91, 0.82, 0.76, 0.49, 0.51)

And
(τ1, τ2, τ3, τ4) =

(
8.83, 88.68, 784.29, 2.89 × 103

)
The results show that the behavior of the thyroid under progressive stress relaxation

compression conditions consisted of an immediate stiff response, a transient relaxation
phase, and a steady-state stage. In the final steady-state stage, the steady-state values
reflected the residual stresses inside the thyroid gland.
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Figure 6. Test results corresponding to Equation (16).

3.3. Verification by Stretching Thyroid Specimens

Uniaxial tensile tests were performed on the porcine thyroid gland using a biomechan-
ical test rig equipped with a Nano25 high-precision sensor, as shown in Figure 7. The test
subject was the porcine thyroid gland, and the specimen was prepared as a rectangular
sample strip, about 80 mm × 15 mm × 5 mm, as shown in Figure 1b, which should be left
for two hours after preparation to eliminate the effect of internal stress. The use of suitable
jigs in tensile experiments is one of the important factors affecting the experimental results.
The current jig is not fully suitable for mechanical measurement experiments of viscoelastic
materials. First, the existing jig often uses two metal clamping blocks with a certain surface
roughness for clamping by threaded screwing. Secondly, there are two ways to realize the
automatic centering function of the existing clamps. One is to use the restoring force of the
spring and the other is to use the one-way clamping block movement. The former is not
adjustable due to the non-adjustable elasticity of the spring, resulting in the clamping force
of the clamps not being able to be adjusted and it is not universal for biological materials;
the latter is not sufficient to maintain the force due to the one-way movement, the material
can easily slip or fall off prematurely, and the stroke of the clamping block is small, which is
not suitable for the clamping of large size materials. The latter is not universally applicable
to biological materials because of the unidirectional motion, insufficient holding force, easy
material slippage or early dislodgement, and small travel of the clamping block. Thirdly,
the existing jig that can adjust the size of the clamping force lacks a synchronous locking
device, and the force on the clamping block will inevitably shift during the mechanical
test experiment, resulting in a change in the clamping force and the phenomenon of the
material slipping or falling off prematurely. To address the above situation, a tensile test
jig with automatic alignment was designed, as shown in Figure 7b. The spiral structure
with the same pitch and opposite rotation direction was used to realize the synchronous
anisotropic motion of the two clamping blocks, and to then realize the automatic alignment
function of the jig. A device for a synchronous locking function was also added to the jig,
which could lock the clamping blocks synchronously after the jig completed the clamping
action. A special 3D-printed auxiliary part was designed between the jig and the specimen.
The special structure of the auxiliary part could increase the friction coefficient between the
biomaterial and the jig to prevent the biomaterial from slipping or falling off prematurely
during the experiment. During the test, the fixture stretched the specimen at a speed of
2 mm/s until fracture, and 10 tests were conducted separately, and the relevant data such
as the loading force, loading speed, and time were recorded, and the stress and strain were
calculated according to Equations (11) and (12).
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Figure 7. Thyroid tensile test. (a) Test platform and sample clamping (b) Tensile test jig.

Then, based on the above thyroid hyperelastic model, the stretching thyroid process
was simulated in an ABAQUS environment. It provides a quantitative judgment basis for
the determination of the thyroid deformation. The correctness of the developed hyperelastic
constitutive model was verified.

• Modeling. The stretched sample model was created in ABAQUS according to the
structure and dimensions (80 mm × 15 mm × 5 mm) of the thyroid sample prepared
in Figure 1b.

• Properties. The thyroid material properties were defined by the hyperelastic constitu-
tive model established above.

• Loading. The lower end of the fixed thyroid-like strip is shown in Figure 8a. The
upper end of the sample was stretched at a rate of 2 mm/s.

Figure 8. Stress–strain clouds of the tensile thyroid specimens. (a–c) show the stress clouds for tensile
displacements of 5 mm, 15 mm, and 30 mm, respectively. (d) indicates the elastic strain cloud in the
y-axis direction when the tensile displacement is 15 mm. In (c), the gray wireframe depicts the state
before being stretched, where d indicates the displacement during extrusion.

In the simulated stretching thyroid simulation, the stress–strain cloud diagram of the
sample is shown in Figure 8. At a stretching displacement of 5 mm, a small deformation
of the thyroid sample occurred, as shown in Figure 8a, and the elastic strain in the y-axis
direction was not obvious; as the stretching proceeded, the thyroid sample was gradually
elongated, as shown in Figure 8b,c, and the elastic strain in the y-axis direction gradually
increased. The elastic strain in the y-axis direction at a tensile displacement of 15 mm
is shown in Figure 8d. Of course, there were some differences between the simulation
clouds and the experimental results, because there were many factors affecting thyroid
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deformation, such as local deformation and uneven force. Therefore, due to the limitation
of parameter setting, the simulation can only simulate the thyroid deformation under ideal
conditions. The results of the uniaxial tensile test and simulated tensile test are shown
in Figure 8. Obviously, in the stress–strain curves, the curves obtained from both the
test and the simulation showed obvious hyperelastic characteristics. Compared with the
experimental results, the slope of the stress–strain curve obtained from the simulation was
larger and varied more significantly (in the large deformation phase).

In Figure 9, it can be seen that there is a certain difference between the simulation re-
sults and the experimental results, and in order to express the error between the simulation
and experimental values, the absolute error Δ and the relative error η between them are
defined as follows

Δ = A − L (17)

η = Δ/L (18)

where A is the simulation value and L is the test value. The calculated results are shown
in Table 4.

Figure 9. Comparison of the tensile test and simulated stress–strain.

Table 4. Error between the simulation and test values.

Strain

Stress (MPa)
Absolute Error

(MPa)
Relative Error

(%)Simulation
Data

Experimental
Data

0 0 0 0 0
0.064 5.576 × 10−5 6.650 × 10−5 −1.074 × 10−5 16.16
0.121 6.477 × 10−4 8.300 × 10−4 −1.823 × 10−4 21.97
0.175 2.690 × 10−3 4.301 × 10−3 −1.611 × 10−3 37.46
0.253 1.227 × 10−2 2.077 × 10−2 −0.0085 40.92
0.388 6.298 × 10−2 7.414 × 10−2 −0.0112 15.05
0.413 0.1294 0.1489 −0.0196 13.13

Mean error 20.67

The experimental data are the mean value and the simulation data are the fitting value.
The reasons for the errors are as follows. First, the sampling process of the sample

strips would produce errors. As a result of the characteristics of the soft tissue, there was
an error in the size of the sample in the test and the simulation model, and even if the
sample was taken to avoid large blood vessels and uneven areas as much as possible, it
was still difficult to avoid the existence of capillaries and other structures in the sample,
which could lead to local deformation and uneven force in the test, while the simulation
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was performed under ideal conditions, ignoring the influence of this situation. The second
is that the load setting in the simulation was not exactly the same as the actual test. In
the simulation, the clamped part of the sample (the upper and lower ends of the sample)
was assumed to be rigid, i.e., the clamped part was assumed not to deform in the tensile
part, but the deformation of this part could not be avoided during the test. The third is the
existence of extrusion in the clamping part. During the test, in order to avoid excessive
water loss of the sample, saline would be applied to the sample at regular intervals, and
the soft tissue itself also contained water, which would squeeze out the water in the sample
during the clamping process, and the structure of the squeezed part would be changed,
and this complex process is not simulated in the simulation, which will also lead to errors
between the simulation results and the test results. Therefore, due to the above limitations,
the simulation can only simulate the thyroid deformation under ideal conditions.

4. Conclusions

Uniaxial compression tests were performed on fresh porcine thyroid tissue at quasi-
static strain rates of 0.005 s−1 and 0.05 s−1 and two loading directions (perpendicular to
the thyroid surface and parallel to the thyroid surface) using a biomechanical test platform
equipped with Nano25 high-precision sensors to investigate the effects of the strain rate
and loading direction on the mechanical properties of the porcine thyroid tissue. The results
showed that the porcine thyroid tissue did not exhibit significant strain rate effects in the
low strain rate range of 0.005 s−1~0.05 s−1, and the loading direction had no significant
effect on the mechanical properties of the porcine thyroid tissue, which can be regarded as
an isotropic material. The mechanical properties of porcine thyroid were also studied under
quasi-static conditions, and it was found that there was no significant difference in Young’s
modulus at each stage under two strain rates and loading directions, and the average
Young’s modulus was calculated to be about 2.233 × 10−5 MPa for the small deformation
stage and 3.108 × 10−3 MPa for the large deformation stage of the porcine thyroid.

In order to describe the mechanical properties of porcine thyroid tissue at a quasi-static,
it was considered as a non-compressible isotropic hyperelastic material, and the Yeoh strain
energy density function was used to develop a hyperelastic constitutive model of porcine
thyroid tissue at quasi-static low strain rate, and the three parameters of the function were
obtained by fitting: C10 = 1.9 × 10−3 MPa, C20 = −2.3 × 10−3 MPa, C30 = 0.04 MPa. On
the basis of this hyperelastic constitutive model, the tensile test simulation was performed
on the thyroid specimens. The stress–strain curves obtained from the simulation were
generally consistent with the experimental results, but some differences could be neglected
because there were often some factors that could not be simulated in the actual test, such as
local deformation and uneven stresses.

The quasi-static mechanical properties of the thyroid gland obtained from uniaxial
unconstrained compression tests and the developed hyperelastic constitutive model are
suitable for digital modeling of thyroid materials. Based on the results of this study, we
are evaluating the possibility of simulating thyroid surgery and using it in a surgical
training system. With the further development of virtual reality technology, we will explore
methods to realize virtual thyroid surgery training by combining robotics, finite elements,
and digital twins.
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Abstract: Polymeric heart valves (PHVs) are a promising and more affordable alternative to mechanical
heart valves (MHVs) and bioprosthetic heart valves (BHVs). Materials with good durability and
biocompatibility used for PHVs have always been the research focus in the field of prosthetic heart
valves for many years, and leaflet thickness is a major design parameter for PHVs. The study aims
to discuss the relationship between material properties and valve thickness, provided that the basic
functions of PHVs are qualified. The fluid−structure interaction (FSI) approach was employed to obtain
a more reliable solution of the effective orifice area (EOA), regurgitant fraction (RF), and stress and strain
distribution of the valves with different thicknesses under three materials: Carbothane PC−3585A, xSIBS
and SIBS−CNTs. This study demonstrates that the smaller elastic modulus of Carbothane PC−3585A
allowed for a thicker valve (>0.3 mm) to be produced, while for materials with an elastic modulus higher
than that of xSIBS (2.8 MPa), a thickness less than 0.2 mm would be a good attempt to meet the RF
standard. What is more, when the elastic modulus is higher than 23.9 MPa, the thickness of the PHV is
recommended to be 0.l–0.15 mm. Reducing the RF is one of the directions of PHV optimization in the
future. Reducing the thickness and improving other design parameters are reliable means to reduce the
RF for materials with high and low elastic modulus, respectively.

Keywords: fluid–structure interaction (FSI); polymeric heart valves (PHVs); thickness; strain; stress

1. Introduction

Prosthetic heart valves are employed to replace the diseased native valve as a treatment
for severe aortic valve (AV) disease. Mechanical heart valves (MHVs) and bioprosthetic
heart valves (BHVs) are two main prostheses that have been utilized therapeutically;
however, they are susceptible to thrombosis and structural valve degeneration (SVD),
respectively [1,2]. It was found that the mechanical properties of polymer can easily
be formulated to match that of native tissue and the geometry of it can be designed to
produce physiological flow [3]. Consequently, polymeric heart valves (PHVs) are expected
to overcome the shortcomings of MHVs and BHVs.

Materials with good durability and biocompatibility have always been the research
focus in the field of PHVs for many years. Polysiloxanes, polytetrafluoroethylene (PTFE)
and polyurethane (PUs) are the earliest materials applied for developing PHVs, which
have good biocompatibility, hemodynamic properties and viscoelasticity, respectively [4,5].
Still, as time goes on, many PHVs made from them have been tested and failed because of
thrombosis, calcification, hydrolysis, etc. [6]. Therefore, the challenges of durability remain.
Novel polymers with better performance are obtained by adjusting the microstructure
of materials with insufficient mechanical properties or reinforcing with filler. xSIBS and
hydrogen−bonding−enhanced supramolecular hydrogels are typical cases of the former,
and both of them have shown promising in vitro results [7–9]. Aerogel is widely used
in medicine due to its attractive structural characteristics [10]. Macroscale composites
have focused on reinforcing the elastomeric leaflets with macroscale fibers, such as Dacron
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(PET) and PTFE [11,12]. However, no commercially−viable devices have been developed
using macroscopic composite materials so far. Nanocomposites have a better application
foreground because of their superior mechanical properties, biocompatibility and sim-
pler valve manufacturing process [3,4,13], such materials include polyhedral oligomeric
silsesquioxane poly(carbonate–urea) urethane (POSS−PCU), polyvinyl alcohol (PVA) hy-
drogels reinforced with bacterial cellulose (BC) [14], the integration of graphene oxide
(FGO) nanomaterials and PCUs [15], and the addition of carbon nanotubes (CNTs) to
polymers with acceptable biocompatibility and mechanical properties [16,17]. Except for
POSS−PCU that has undergone in vitro testing [18], the other three nanocomposites are
still in the early stages of development.

The valve design is another crucial factor influencing the performance and lifetime of
PHVs. Bending is a primary deformation mode of the leaflets. According to Euler−Bernoulli
beam theory, bending stiffness is proportional to the cube of leaflet thickness [3]. Therefore,
leaflet thickness is a major design parameter for PHVs. Previous studies qualitatively
provided information on the relationship between leaflet modulus and thickness. The
results show that the modulus and thickness are positively and negatively related to low
stress, respectively [19]. Additionally, low modulus materials are subjected to higher strains
than high modulus materials at the same stress level and are therefore more susceptible to
creep and, ultimately, failure [20].

The performances of some PHVs made from novel materials have been tested in vitro hy-
drodynamic assessments. These include the Polynova xSIBS valve with variable thickness [7,8],
the POSS−PCU valve with three leaflet thicknesses (0.1, 0.15 and 0.2 mm) [18], the PHV of
silk fibroin fiber membranes (ISF) combined with poly (ethylene glycol) diacrylate (PEGDA)
hydrogels with a thickness of 0.4 mm [21] and the PHV made from hyaluronan−enhanced
linear−low−density polyethylene (LLDPE−HA) with a thickness of 0.08 mm [22], etc. What is
more, the performances of PHVs are also well suited for measuring with the fluid–structure inter-
action (FSI) simulations due to the interplay between structure and fluid. The PHV constructed
from bionate thermoplastic polycarbonate urethane with 0.127 mm thickness [23] and the PHV
made from poly(styrene–ethylene–propylene–styrene) (SEPS) block copolymers with 0.20 mm
thickness [24] were simulated where the flow rate was defined for the ventricular outflow rate.
In addition, PHVs made from PU (0.16 mm) [25] and block co−polymer (0.3 mm) [26], as well
as the Polynova xSIBS valve with variable thickness [7], were tested with the pressure boundary
condition applied to the inlet section.

Due to the significant impact of the material and thickness of the PHV on its per-
formance, it is necessary to adapt the thickness to the material to achieve optimal valve
performance. However, whether it was testing the functionalities of PHVs made of novel
polymers or focusing on improving design to enhance the performances of PHVs, few
studies have mentioned how the thickness was selected. The former concerns mainly one
material; therefore, its results have little reference significance for other materials. If the
latter lacks consideration for thickness, the performance of the PHV obtained by optimizing
other design parameters is probably not optimal.

The aim of the current work was to investigate the appropriate thickness range of PHVs
that can meet basic functions. It is assumed that the appropriate thickness should enable
PHVs to satisfy clinical requirements for the effective orifice area (EOA) and the regurgitant
fraction (RF), as well as ensure that the stress and strain on the leaflets are small and
evenly distributed. In this study, the FSI approach was employed for two cardiac cycles to
obtain the performances of PHVs of three materials with different thicknesses. The selected
materials consist of Carbothane PC−3585A, xSIBS and SIBS with higher molecular weight
(Mn~70,000 g mol−1) reinforced by 1 wt% of CNTs (SIBS−CNTs). Carbothane PC−3585A
is a kind of medical−grade thermoplastic polyurethane, it is widely used in the fields of
biomedical applications [27]. xSIBS and SIBS−CNTs are the most promising developments
in recent years [4,17]. SIBS−CNTs have enhanced biocompatibility and increased strength
compared to neat SIBS [17], which will contribute to improving long−term durability and
fatigue resistance, particularly in high−stress environments such as the cardiac cycle. The
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proposed thickness range supplies an option for the testing and optimization of PHVs with
enhanced efficiency.

2. Materials and Methods

2.1. Geometry and Mesh Generation

The 3D geometry of the valve and blood flow volume were created in Rhino 7.0
(Robert McNeel & Assoc, Seattle, WA, USA). Both the structure and fluid were meshed
using ANSA 21.0.1 (BETA CAE Systems, Root, Switzerland).

The geometry of the model was designed to resemble a typical prosthetic heart valve
with leaflets in an almost closed configuration, based on the design of commercially avail-
able Sapien XT valve (Edwards Life Sciences, Irvine, CA, USA), setting the diameter to
23 mm and the height to 14.3 mm of all valves [28]. Leaflets were generated by the attach-
ment curve, the free edge and the belly curve. The free edge was swept along the belly
curve to intersect with the sinus at the attachment curve. We rotated one leaflet around the
vertical axis to create three identical leaflets to generate the final valve model; each leaflet
occupied 120◦ in the cross−section.

The geometry of the aortic root in the current model was based on the measurements
of aortic root in adults [29]. To move the boundary conditions away from the regions of
interest, two straight−tube extensions with lengths of 10 and 20 mm were added to the
upstream and downstream, respectively. The physiological significance of these lengths is
that the upstream boundary was within the left ventricle, while the downstream boundary
did not reach the aortic arch. Additionally, the two extensions have smaller influence on
the results because the pressure drops in these extensions are obviously smaller than the
transvalvular pressure difference of the valve [30]. The structural and fluid parts used for
this study are shown in Figure 1. Dimension of the various design parameters are given in
Table 1.

Figure 1. The geometry design of the model using the modeling design parameters. (a) Fluid field
and (b) PHV.

Table 1. Dimensions of design parameters used in modeling the AV.

H (mm) h (mm)

Structure 14.3 11.3
Ra (mm) Rs (mm) Ls (mm) L (mm)

Fluid 11.5 15.0 17.0 47.0
H: valve height, h: leaflet coaptation height, Ra: radius of aorta, Rs: radius of sinus, Ls: sinus length,
L: model length.

For spatial discretization, the valve was discretized into 17,130 quadrilateral fully
integrated shell elements. Five integration points were distributed through shell thickness.
The fluid domain was discretized into 529,152 tetrahedral Eulerian elements with maximum
characteristic length of 1.0 mm (mean characteristic length of 0.60 mm). Finer resolution of
0.15 mm was used in the region surrounding the interface, which had the same geometry
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as the structure, and the attachment nodes of the interface were shared with the elements
at the base of the sinus. The discretized solution fields for blood flow zone and valve leaflet
structure are shown in Figure 2.

Figure 2. The discretization of fluid domain and PHV.

2.2. FSI Approach

FSI simulations with two−way coupling were applied to consider the interaction
between the blood and PHVs. In order to limit the numerical instabilities caused by the
approximate density of blood and PHVs, a strongly coupled strategy was implemented by
the incompressible flow solver (ICFD) and the implicit mechanics solver in the LS−DYNA,
Release 13.0 (Ansys, Canonsburg, PA, USA).

For FSI simulations, ICFD uses an Arbitrary Lagrangian−Eulerian (ALE) approach
for mesh movement and models the interaction between the structural and fluid parts;
the interfaces between the solid and the fluid are Lagrangian and deform with the struc-
ture. The solid and fluid geometry must match at the interface but not necessarily the
meshes. Therefore, ICFD can automatically re−mesh to keep an acceptable mesh quality
to support large deformation rate of the leaflets. Further, interaction detection coefficient
(IDC, IDC = 0.25) was set to ensure FSI interaction.

2.3. Boundary Conditions

The time−dependent physiological pressure difference between the left ventricle and
the ascending aorta [31] was applied to the inlet (Figure 3a) and the outlet was set to zero
pressure. A constant time step of 0.1 ms was set in the simulations. One cardiac cycle (0.8 s)
was discretized in 8000 time steps. Two complete cardiac cycles were simulated to achieve
convergence and eliminate the effect of sudden start during 1st cardiac cycle. All results
were extracted from the 2nd cycle.

Figure 3. (a) The time−dependent physiological pressure difference between the left ventricle and
the ascending aorta and (b) Engineering stress–strain curves of three materials.
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During the closing phase, the three leaflets experience significant contact with one
another. Similar to previous studies, a penalty−based contact formulation and frictionless
conditions were adopted here [32]. For two segments on each side of the contact interface
that were overlapping and penetrating, a consistent nodal force assembly taking into
account the individual shape functions of the segments was performed. When the three
leaflets experienced significant contact with one another, both surface penetrations and
edge−to−edge penetrations were checked.

For all models, the aortic wall boundaries were assumed rigid and no−slip condition
was employed at the wall−blood interface. Surfaces of valve leaflets in contact with blood
flow were considered as fluid−structure interfaces, across which loads and displacements
were transferred. All nodes along the attachment curves were considered to be fixed in the
FSI simulations.

2.4. Material Properties and Thickness of PHVs

The blood is assumed to be Newtonian and incompressible, with constant dynamic
viscosity of 0.004 Pa·s and a density of 1050 kg/m3 [33].

The selected polymers were modeled with 1st−order Ogden hyperelastic material
models, which express the strain energy (W) by principal stretches (λ1):

W =
μ1

α1

(
λα1

1 − 3
)
+

1
d1

(J − 1)2 (1)

where λ1 is the principal stretch ratio, μ1 and α1 are material constants, and d1 is incom-
pressible parameter.

Based on the uniaxial tensile test results from previous research [17,34,35], the engi-
neering stress–strain curves of the materials were used to solve material parameters of
three materials according to the requirements in LS−DYNA [36]. Figure 3b shows the
engineering stress–strain curves of three materials. The elastic modulus of xSIBS and
SIBS−CNTs is 2.8 MPa and 23.9 MPa, respectively [17,37]. Because of the lack of data on the
elastic modulus of Carbothane PC−3585A subjected to uniaxial tensile tests under the same
conditions as [35], considering that the true stress–strain curve of Carbothane PC−3585A
is almost linearly elastic within 40% strain, which is sufficient for PHV deformation, the
elastic modulus of Carbothane PC−3585A is assumed to be 1.0 MPa in this study.

Taking the available application of Carbothane PC−3585A in PHV [35,38] into account,
the thickness range of PHVs made from Carbothane PC−3585A was set to 0.25 mm,
0.30 mm and 0.35 mm. A variable thickness design has extensive applications in the
investigations on PHVs made from xSIBS [7,34,37,39,40]. According to the design, the
thickness range of PHVs made from xSIBS was set to 0.15 mm, 0.20 mm and 0.25 mm.
Materials with an elastic modulus greater than 20 MPa, similar to SIBS−CNTs, were used
to produce PHVs with a thickness of less than 0.15 mm for testing [18,23], while too small
thickness may cause the PHV to prolapse [19]. Therefore, the thickness of SIBS−CNTs was
set to 0.10 mm, 0.15 mm and 0.2 mm.

3. Results

3.1. Valve Performance Parameters

In order to assess the quantification of valve stenosis, the effective orifice area (EOA)
was used as a measurement of the effective jet area during left ventricular ejection of the
cardiac cycle [41]. The EOA was calculated using Equation (2) [42]:

EOA =
qvRMS

51.6
√

Δp
ρ

(2)

where qvRMS
(
cm3/s

)
is the root mean square of the forward flow rate during the positive

differential pressure period; Δp (mmHg) is the average pressure difference measured
during the positive differential pressure period; and ρ

(
g/cm3) is the density of the fluid.
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According to the boundary conditions shown in Figure 3a, Δp = 4.79 mmHg, which was
close to that in the healthy young condition [42].

Regurgitant fraction (RF) evaluates leakage after valve closure; Equation (3) from ISO
5840−3:2021 [43] was applied to calculate the RF:

RF =
VC + VL

VF
× 100% (3)

where Vc is the closing volume, VL is the leakage volume and VF is the forward volume.
The EOA and RF calculated by Equations (2) and (3), respectively, are shown in

Figure 4. PHVs made from Carbothane PC−3585A obtained larger EOA and smaller RF.
The EOA and RF of the thinnest PHV (0.15 mm) of xSIBS were equivalent to those of the
thickest PHV (0.35 mm) made from Carbothane PC−3585A. More significant changes were
observed in the results of SIBS−CNTs. The PHV made from SIBS−CNTs with a thickness
of 0.20 mm had the smallest VF (21.31 mL), as shown in Table 2. As the thickness reduced
to 0.15 mm, the VF rapidly increased to 52.39 mL; still, large regurgitation made its RF
relatively high. In addition, satisfactory results were achieved when the thickness was
reduced to 0.10 mm.

Figure 4. EOA (bars, left Y−axis units) and RF (points and connecting lines, right Y−axis units) of
(a) Carbothane PC−3585A, (b) xSIBS and (c) SIBS−CNTs.

Table 2. The cardiac output (CO) and regurgitation of all models.

Carbothane PC−3585A xSIBS SIBS−CNTs

t (mm) 0.25 0.30 0.35 0.15 0.20 0.25 0.10 0.15 0.20
Vc + VL (mL) 6.81 10.75 12.32 12.94 12.76 14.33 10.46 13.89 10.36

VF (mL) 80.34 76.03 67.01 68.23 61.72 55.49 61.00 52.39 21.31

3.2. Valve Dynamics

Figure 5 shows von Mises stresses distribution on the leaflets. The von Mises stresses
were used to quantify the stress field in the leaflets because the yield behavior of polymers
is often described by modified versions of the von Mises criterion [44]. Similar to previous
analyses [45–47], the maximum in−plane principal Green−Lagrange strain (MIPE) on the
aortic side of the leaflets, as shown in Figure 6, was applied to include contributions from
both stretching and bending [45].
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(a) Carbothane PC 3585A xSIBS SIBS CNTs 
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(b) Carbothane PC 3585A xSIBS SIBS CNTs 
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Figure 5. von−Mises stresses (MPa) distribution of the three material models. (a) At the moment
of fully opening and (b) at the moment of fully closing. Note that the color scales are different for
fully−opened and fully−closed results.
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Figure 6. MIPE distributions of the three material models. (a) At the moment of fully opening and
(b) at the moment of fully closing. Note that the color scales are different for fully−opened and
fully−closed results.

Figure 5 depicts that the stress concentrations distributed along the attachment curve
and at commissure points were negatively correlated with the thickness. The valves made
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from Carbothane PC−3585A had the lowest stresses during the entire cardiac cycle. The
valve (0.10 mm) made from SIBS−CNTs had the maximum stress value of all the models,
which was 2.15 MPa after the valves were completely closed.

Figure 6 shows that the valves made from Carbothane PC−3585A had strains signif-
icantly higher than the valves made from other materials, especially at the fully−closed
stage. The same distribution of strains was observed for xSIBS and SIBS−CNTs. That is, at
the fully−opened stage, as thickness increased, the strain in the middle of the valve belly
became more obvious and the high strain on both sides of the belly came to disappear; at
the same time, the low strain area at the bottom of the belly expanded. After the valve
was fully closed, high strains along the attachment curve and at commissure points were
reduced with the increase in thickness, which also made the strain distribution on the valve
more uniform.

4. Discussion

With the same PHV design and boundary conditions, it can be observed from Figure 4
that EOA and RF were negatively and positively related to the thickness, respectively, with
the same material, this result ties well with the test results of POSS−PCU [18] that are
shown in Table 3 and it is more obvious with the increase in elastic modulus. According
to the performance requirements for PHVs with a diameter of 23 mm in ISO 5840−3:2021:
RF < 20%, EOA > 1.25 cm2. PHVs made from materials that have a smaller elastic modulus
(<2.8 MPa) can achieve the EOA and RF that met the standard within the thickness of
0.15–0.20 mm. This is especially true for materials with a higher elastic modulus, otherwise
it will be difficult to obtain qualified performance parameters, such as the PHV of SEPS [48],
which had a smaller geometric orifice area (the GOA shown in Table 3) under the same
flow rate of 4 L/min as the xSIBS−PHV (0.25 mm) calculated in this study.

The thickness of 0.20 mm seriously hampered the complete opening of the PHV for
SIBS−CNTs with an elastic modulus of 23.9 MPa. Fortunately, the decrease in thickness
rapidly increased the CO, significantly enlarged EOA and reduced RF. However, it should
be noted that reducing the thickness to improve the performance of PHVs may be more
suitable for materials with a high elastic modulus, as they have better resistance to the
leaflet flutter caused by reduced thickness [49]. On balance, materials with an elastic
modulus higher than 23.9 MPa can be used to make PHVs with a thickness of less than
0.15 mm to achieve satisfactory EOA and RF.

Compared to previous studies, the RF in this study seems to be higher. On the
one hand, the same physiological pressure pulse was applied as the pressure boundary
condition for all simulations. The greater the elastic modulus of the material, the greater the
pressure differential that should be applied to ensure the complete closure of the valve [19].
Therefore, the high RF shown in Figure 4 can indicate that the normal physiological
pressure difference is not sufficient to completely close PHVs of xSIBS with a thickness of
0.25 mm and PHVs of SIBS−CNTs with a thickness greater than 0.15 mm. PEGDA−ISF
demonstrated a similar situation, it had a bigger elastic modulus (4.54 ± 0.43 MPa) than
xSIBS while the PHV (0.4 mm) made from PEGDA−ISF showed a qualified RF (14.5%),
this may be caused by the larger pressure difference (Figure 5c of [21]) in the diastole of the
experiment than the 100 mmHg used here. On the other hand, in vitro observations of PHVs
made from xSIBS indicate that the RF was decreased during long−term experiments [7],
while it is difficult for FSI to observe such an obvious phenomenon in multiple cycles
because of its high calculation cost [50].

Although higher stresses were observed from the valves made from xSIBS and
SIBS−CNTs, the thicknesses set for them were smaller than the thickness range of Car-
bothane PC−3585A; hence, it is reasonable to observe greater stresses by the joint effect of
thinner thicknesses and a bigger elastic modulus.

A qualified EOA and RF can be obtained easier in the valve made from Carbothane
PC−3585A even if the thickness of the valve was large, however, the strain of such valves was
significantly higher; the strain accumulation due to high strain is related to creep and valve
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failure [20,49]. This is consistent with previous finite element results, that is, the strain of the
valve increases as the elastic modulus of its material decreases [19]. However, it should be
noted that strains changed obviously with the elastic material. At the fully−closed stage, it is
observed from Figure 6 that the maximum strain of valves decreased from 40.1% to 20.6% only
by raising the elastic modulus from 1 MPa (Carbothane PC−3585A) to 2.8 MPa (xSIBS) at the
same valve thickness (0.25 mm). Smaller and uniformly distributed strains can be observed in
SIBS−CNTs; even in the thinnest PHV (0.1 mm), its maximum strain did not exceed 20%.

In addition, the results show that the design of the PHV is also a key element in
valve performance. On the one hand, after the closure of the valve (0.35 mm) made from
Carbothane PC−3585A, the observed unnecessary distortion from Figure 7 indicated that
there is a relationship between thickness and the length of the free edge. In this case,
reducing the length of the free edge appropriately may allow more complete closure,
thereby reducing the regurgitation. On the other hand, the RF of valves made of xSIBS
(Figure 4) is higher than that of the PolyNova Valve, a novel xSIBS polymer−based valve
which has a special design as shown in [7]. Apart from changing the radial cross−sectional
profile of the leaflets from uniform to variable thickness, the coaptation height is equal
to the valve height. Previous literature suggests that decreasing the ratio of valve height
to coaptation height increases the coaptation area (CA) of the leaflets significantly, and a
large CA reduces the possibility of aortic regurgitation [51]. Therefore, the design of the
PolyNova Valve may explain why the RF obtained through in vitro experiment [7] is lower
than the RF shown in Figure 4.

Figure 7. The top view of PHVs of Carbothane PC−3585A after the PHVs were completely closed.
(a) 0.25 mm, (b) 0.30 mm and (c) 0.35 mm.

Table 3. Available data on material properties and performance assessment of PHVs in recent years.

Material Elastic Modulus (E) Thickness Test Standard Results References

POSS−PCU
E = 26.2 MPa 0.10 mm

In vitro hydrodynamic
assessment: ISO 5840−3

EOA = 3.34 cm2, RF = 4.68%
[18]E = 23.0 MPa 0.15 mm EOA = 3.13 cm2, RF = 10.77%

E = 15.9 MPa 0.20 mm EOA = 2.69 cm2, RF = 12.34%
(10 cycles)

xSIBS E = 2.8 MPa
Various thicknesses

(0.15–0.25 mm)
In vitro hydrodynamic

assessment: ISO 5840−3

EOA = 1.8 ± 0.04 cm2,
RF = 7.5 ± 1.0%

(400 million cycles)
[7]

EOA = 1.7 cm2, RF = 16.7%
(10 cycles)

[8]

PEGDA−ISF E = 4.54 ± 0.43 MPa 0.4 mm In vitro hydrodynamic
assessment: ISO 5840−3

EOA = 2.30 cm2, RF = 14.5%
(10 cycles)

[21]

LLDPE−HA * E > 76.49 ± 1.86 MPa 0.08 mm

In vitro hydrodynamic
assessment: a pulsatile flow

driving the PHV, 1 s is
one cycle.

EOA= 2.08 ± 0.04 cm2,
RF= 11.23 ± 0.55

(60 cycles)
[22]

183



J. Funct. Biomater. 2023, 14, 309

Table 3. Cont.

Material Elastic Modulus (E) Thickness Test Standard Results References

PU
E = 3.67 MPa 0.15 mm

In vitro hydrodynamic
assessment: a pulsatile flow

driving the PHV, 1 s is
one cycle.

GOA = 3.90 cm2

(24 cycles)
[50]

E = 8 MPa 0.16 mm FSI: Pressure difference
(600 bpm) (inlet)

GOA = 2.83 cm2

(3 cycles)
[25]

Bionate
thermoplastic
polycarbonate

urethane

E = 23.93 MPa 0.127 mm

FSI: low rate that was equal
to 4.5 L/min of CO (inlet)

and a mean arterial
pressure of 100 mmHg

(outlet)

GOA = 3.31 cm2, RF = 5.64%
(4 cycles)

[23]

SEPS E = 3.2 MPa
0.20 mm FSI: flow rate (inlet) and

zero pressure (outlet) GOA = 2.24 cm2 (0.4 s) [24]

Two leaflets with a
thickness of 0.36 mm

and one leaflet of
0.39 mm

FSI: pressure difference
corresponded to a flow rate

of 4 L/min
GOA = 1.81 cm2 (2 cycles) [48]

* The description of HA content is vague in [22], but the addition of HA will cause the elastic modulus of LLDPE
to be at least higher than 76.49 ± 1.86 MPa according to [52].

Limitation

This paper solely discussed the relationship between thickness and the elastic modulus
of materials based on TAVI Sapien−XT leaflet design. The impact of other designs on the
performance of the valve has not been taken into account. From the results, it can be
seen that the TAVI Sapien−XT leaflet design used in this study was not entirely suitable
for materials with high elastic modulus. Although how to improve the design for such
materials has been discussed, and the conclusions were obtained by comparing the results
with other studies shown in Table 3, which should reduce the impact of a single design to
some extent, the limitations brought about by the design need to be further pointed out.

Furthermore, due to the limited scope of this work, further tests must be performed
in vitro and in vivo with PHVs to assess how the thickness affects the long−term durability
of the device. For example, PHVs have shown excellent potential in TAVR
procedures [7,8,16,53], which requires the valve to be crimped at a low diameter for the
purpose of catheter insertion [54]. It is obvious that the process is closely related to the
material and thickness of the PHVs. Therefore, it is necessary to conduct crimping experi-
ments on the PHVs to evaluate the effectiveness and stability of the material under high
crimping strain conditions.

Finally, isotropic nonlinear hyperelastic material was assumed for the mechanical
properties of the leaflets, more comprehensive results can be obtained by considering
anisotropic materials.

5. Conclusions

This study investigated the relationship between valve thickness and material prop-
erties using FSI simulations. Three polymer materials, Carbothane PC−3585A, XSIBS and
SIBS−CNTs were selected. The smaller elastic modulus of Carbothane PC−3585A allowed
for a thicker valve (>0.3 mm) to be produced, while for materials with an elastic modulus
higher than that of xSIBS (2.8 MPa), a thickness less than 0.2 mm would be a good attempt to
meet the RF standard. What is more, when the elastic modulus is higher than 23.9 MPa, the
recommended thickness of the PHV is 0.l−0.15 mm. Reducing the RF is one of the directions
of PHV optimization in the future. Materials with a high elastic modulus can resist high
strain, so it is advisable to reduce backflow by decreasing the thickness. However, considering
that a reduction in the elastic modulus of the material will significantly increase the strain
on the PHV, for materials with a small elastic modulus, adjusting other design optimization
parameters based on an appropriate thickness is more secure.
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Abstract: Cardiovascular disease is a globally prevalent disease with far-reaching medical and
socio-economic consequences. Although improvements in treatment pathways and revascularisa-
tion therapies have slowed disease progression, contemporary management fails to modulate the
underlying atherosclerotic process and sustainably replace damaged arterial tissue. Direct cellular
reprogramming is a rapidly evolving and innovative tissue regenerative approach that holds promise
to restore functional vasculature and restore blood perfusion. The approach utilises cell plasticity
to directly convert somatic cells to another cell fate without a pluripotent stage. In this narrative
literature review, we comprehensively analyse and compare direct reprogramming protocols to
generate endothelial cells, vascular smooth muscle cells and vascular progenitors. Specifically, we
carefully examine the reprogramming factors, their molecular mechanisms, conversion efficacies and
therapeutic benefits for each induced vascular cell. Attention is given to the application of these novel
approaches with tissue engineered vascular grafts as a therapeutic and disease-modelling platform
for cardiovascular diseases. We conclude with a discussion on the ethics of direct reprogramming, its
current challenges, and future perspectives.

Keywords: cellular reprogramming; cell transdifferentiation; direct cellular lineage-conversion; tissue
engineered vascular grafts; vascular regeneration; stem cells; vascular progenitor cells; smooth muscle
cells; endothelial cells; atherosclerosis; cardiovascular disease

1. Introduction

Cardiovascular disease (CVD) is an increasingly prevalent cause of global morbidity
and mortality and affects half a billion people worldwide [1]. Endovascular and surgical
revascularisation therapies have been increasingly applied in patients with severe CVD.
However, such measures are still limited and fail to recapitulate healthy arterial tissue, as
evidenced by that almost 1 in 2 autologous saphenous vein grafts will experience graft
failure by 10 years post-surgery due to factors such as vulnerability to arterial pressure,
intimal hyperplasia, and continued atherosclerosis [2,3]. Moreover, small diameter vessels
(<6 mm) commonly found in cerebral, cardiac and peripheral regions are hard to treat with
limited grafts, poor surgical accessibility and subpar performance of synthetic polymer
prosthetics [4].

To overcome the abovementioned limitations and present a new treatment modality,
research has looked to an innovative regenerative approach known as direct reprogram-
ming (synonyms include transdifferentiation and direct lineage-conversion) defined as
“the process of inducing a desired cell fate, by converting somatic cells from one lineage to
another without transitioning through an intermediate pluripotent or multipotent state” [5].
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Direct reprogramming is a descendent of a large body of cellular reprogramming research
which, alongside the Nobel Prize-winning work by Takahashi and Yamanaka, has shown
that cell fate is not locked but can be manipulated through the ectopic expression of
pluripotency factors, lineage-specific transcription factors, small molecules and non-coding
RNAs [6]. The key galvanizing feature of this approach is the avoidance of pluripotency
or multipotency. In contrast, induced-pluripotent stem cell (iPSC) generation requires
the dedifferentiation of somatic cells to a pluripotent cell which then differentiates to the
required lineage, often requiring ex vivo expansion [5]. Consequently, iPSC generation
comes with multiple distinct limitations including costly, time-consuming, complex cell
generation protocols, and tight regularity oversight due to the risks of tumorigenicity [7].

Multiple reprogramming approaches have emerged to generate vascular cells from
somatic cells. The first protocol is using a partial reprogramming approach to generate
partially iPSCs (PiPSCs). Specifically, the four pluripotency factors (OSKM; OCT3/4, SOX2,
KLF4 and C-MYC) discovered by Takahashi and Yamanaka [6] is initially transfected
into somatic cells for a short period (normally up to seven days) to produce PiPSCs.
When placed in differentiation mediums, the PiPSCs further differentiate to the desired
cellular lineage. Another common protocol uses a single or combination of lineage-specific
transcription factors to induce the expression of lineage-specific genes while silencing
original somatic cell genes by modulating chromatin configurations of target genes [5].
Two other approaches use small molecules to either induce a progenitor-like state [8] or
activate innate immunity to form a state of epigenetic plasticity [9] which is sensitive to
differentiation signals.

To provide an in-depth knowledge of the current arterial direct reprogramming land-
scape and future research directions, we conducted the narrative literature review by
identifying literature sources from peer-reviewed journals on the PubMed and MEDLINE
databases in the last 10 years (2012–2022). The key search terms used in this review
included: cellular reprogramming, direct cellular reprogramming, transdifferentiation, cel-
lular lineage-conversion, somatic cells, vascular cells, endothelial cells, smooth muscle cells,
vascular progenitor cells, vascular regeneration and tissue engineered vascular grafts. The
search terms were combined in various combinations with the ‘AND’ command to identify
primary literature sources that specifically explored direct reprogramming approaches and
their application in TEVGs. Any sources solely exploring iPSCs reprogramming approaches
were excluded. Particularly, in this review we examine the generation of each arterial cell
group (endothelial (ECs), smooth muscle (SMCs), and vascular progenitor (VPCs) cells)
with an analysis of the specific reprogramming factors and their molecular pathways.
We also briefly discuss how direct reprogramming strategies could be applied to tissue
engineered vascular grafts (TEVG) for disease-modelling and for clinical application as
vascular conduits. Finally, we conclude the review with a discussion on the ethics of direct
reprogramming, its current challenges, and future perspectives.

2. Endothelial Cell Generation

Endothelial cells are found as a continuous monolayer in the tunica intima of arteries
and directly interface with the bloodstream. Their roles are numerous and include the
regulation of haemostasis, vascular tone, immunity, and angiogenesis. Here, we explore
several strategies to directly generate functional ECs: pluripotency factors-, lineage-specific
transcription factors-, innate-immune activation-, and microRNA-based reprogramming
(Table 1; Figure 1).
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Figure 1. Schematic diagram showing key reprogramming factors, induction medium, and dura-
tion used for creating induced endothelial cells (iECs) in the different studies. Colour code: Red,
Pluripotency factor-based reprogramming; Purple, DKK3-induced cellular reprogramming; Green:
Lineage-specific transcription factor ETV2-based reprogramming; Blue, Innate-immune activation-
induced cellular reprogramming; Pink, MicroRNA-based reprogramming. bFGF, basic Fibroblast
Growth Factor; 8-Br-CAMP, 8-Bromo-cAMP; cAMP, cyclic AMP; BMP4, Bone Morphogenetic Protein
4; DKK3, Dickkopf WNT Signalling Pathway Inhibitor 3; DMEM, Dulbecco’s Modified Eagle Medium;
EC, Endothelial Cell; EGM-2, Endothelial Growth Medium-2; EM, Endothelial Medium; ERG1, Early
Growth Response Protein 1; ETV2, ETS Variant Transcription Factor 2; FBS, Fetal Bovine Serum;
FLI1, Friend Leukaemia Integration 1 Transcription Factor; GATA2, GATA-binding factor 2; KSR,
Knockout Serum Replacement; MEM, Minimum Essential Medium; miRNA, MicroRNA; NEAA,
Non-Essential Amino Acid; OSKM, OCT4 (Octamer-Binding Transcription Factor 4), SOX2 (SRY-Box
Transcription Factor 2), KLF4 (Kruppel-Like Factor 4) and C-MYC (c-Myc proto-oncogene protein);
Pen, Penicillin; Poly I:C, Polyinosinic-polycytidylic acid; SB341542, TGF-β Receptor Kinase Inhibitor;
SMGM, Smooth Muscle Cell Growth Media; Strep, Streptomycin; TGFβ, Transforming Growth Factor
Beta; TLR3, Toll-Like Receptor 3; VEGF, Vascular Endothelial Growth Factor.

Table 1. Generation of endothelial cells through cellular reprogramming.

Reference Source Cells
Transcription

Factors
Culture
Medium

Functional
Outcome

Therapeutic
Potential

Signalling
Pathway

Limitations

Margariti
et al., 2012

[10]

Human
embryonic lung

fibroblasts
(HELF)

OCT4,
SOX2,
KLF4,

C-MYC

EGM2

iECs were
stable and

formed patent
vessels when
constituted

onto a
decellularised
vessel scaffold

Hindlimb ischaemia:
increased capillary

number and
blood perfusion

SETSIP activa-
tion which

promotes EC-
specific gene
expression

Embryonic cell
source is
ethically

controversial
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Table 1. Cont.

Reference Source Cells
Transcription

Factors
Culture
Medium

Functional
Outcome

Therapeutic
Potential

Signalling
Pathway

Limitations

Li et al.,
2013 [11]

Human neonatal
fibroblasts

OCT4,
KLF4

Differentiation
medium II
(50 ng/mL
VEGF, 20

ng/mL bFGF,
0.1 mM

8-Br-CAMP)

Addition of
8-Br-cAMP

increased trans-
differentiation
of fibroblasts

into iECs

Murine hindlimb
ischaemic model

observed increased
capillary number and

blood perfusion

Not assessed

Conversion
efficacy was

low compared
to studies
using all 4

OSKM factors
prior to sorting

methods

Hong et al.,
2017 [12]

Human umbili-
cal artery smooth

muscle cells

OCT4,
SOX2,
KLF4,

C-MYC

EGM-2
(CC-3162) plus

25 ng/mL
VEGF

SMCs are
capable of

trans-
differentiation

to iECs

Murine hindlimb
ischaemic model

observed increased
capillary number and

blood perfusion

OSKM
upregulates
VE-cadherin,

HES4 and
JAG1 which in-

creases EC-
specific gene
expression

Lentiviral
vectors possess

safety risks.
Viability

of plasmid de-
livery con-

firmed but not
explored

Chen et al.,
2019 [13] HELF DKK3

EGM-2 plus
EGM BulletKit
(CC-3124) plus

10 ng/mL
VEGF

iECs formed a
patent

monolayer in
an ex vivo

vascular graft

Formation of
microvascular

structures in vivo

Increases MET
and VEGFR2,

decreases
miR-125a-

5p and pro-
motes Stat3

Embryonic cell
source is
ethically

controversial

Ginsberg
et al., 2012

[14]

Human amniotic
fluid-derived

cells

ETV2,
FLI1,

ERG1,
TGFβ

inhibition

EM (Medium
199, 15% FBS,

20 μg/mL
endothelial cell

supplement,
1X Pen/Strep,
20 units/mL

Heparin)

iECs were
generic and
may hold

potential for
further
subtype

specification

In a regenerating
mouse liver model,
engraftment of iECs

resulted in
patent capillaries

Not assessed

Unsuccessfully
with human

postnatal cells.
Use of

amniotic cells
is ethically

controversial

Wong and
Cooke,

2016 [15]

Human neonatal
foreskin

fibroblasts

ETV2,
FLI1,

GATA2,
KLF4

EGM-2 plus 10
μmol/L

SB341542

iECs uptake
Ac-LDL and

formed
capillary-like

networks

Not assessed Not assessed
Therapeutic

potential
unknown

Kim
et al., 2020

[16]

Human dermal
fibroblasts ETV2 EGM-2 plus

doxycycline

iECs
formed sta-

ble endothelial
layers when
seeded on a

decellularised
liver scaffold

Hindlimb ischaemia:
improved angiogenic

capabilities and
blood perfusion

cAMP/EPAC/
RAP1

iECs were
not easily

expandable

Morita
et al., 2015

[17]

Human dermal
fibroblasts ETV2

EGM-2
medium

(10 ng/mL
recombinant

human
VEGF165,

bFGF)

iECs displayed
venous proper-

ties but
adopted arteri-
ole characteris-

tics when
combined with

mural cells

Hindlimb ischaemia:
improved angiogenic

capabilities and
blood perfusion

Modify DNA
methylation

states of
EC genes

Extensive
50-day ETV2

exposure,
lacking

maturity,
failed to

induce NOS3

Lee et al.,
2017
[18]

Human postnatal
dermal

fibroblasts
ETV2 EGM-2 plus

DOX

Generation of
early imma-

ture iECs, fol-
lowed by

matured iECs

Injection of early
iECs into a murine
hindlimb ischaemic

model improved
vessel generation and

tissue perfusion

Not assessed

Early
immature iECs
failed to direct
incorporation

into host
vasculature.

Long timeline
to cultivate

mature iECs
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Table 1. Cont.

Reference Source Cells
Transcription

Factors
Culture
Medium

Functional
Outcome

Therapeutic
Potential

Signalling
Pathway

Limitations

Sayed
et al., 2015

[9]

Human neonatal
foreskin

fibroblasts

Poly I:C
(TLR3

agonist)

Maintenance
medium (bFGF,

VEGF,
0.1 mmol/L
8-Br-cAMP)

Innate immune
activation is
necessary for

human
fibroblasts to

transdifferenti-
ate into ECs
effectively

Murine hindlimb
ischaemic model

observed increased
expansion of

host vasculature,
blood perfusion
and decreased
tissue injury

Innate immune
activation,
TLR3/NF-
κB/iNOS,
epigenetic
plasticity.
Metabolic

switching from
oxidative phos-
phorylation to

glycolysis

Low transdif-
ferentiation

efficacy.
Therapeutic

potential
unknown,
metabolic

heterogeneity
in iECs

McCoy et al.,
2022
[19]

Human coronary
artery smooth
muscle cells
(CASMCs)

miRNA

EGM-2 (2 μL/2
mL 8-Br-cAMP,

2 μL/mL SB
431542)

iECs exhibit
high similarity
to native ECs

Quicker limb
reperfusion

Upregulation
of NOTCH1,
JAG1, and

DLL4

Other miRNA
targets need to

be explored
further

Ac-LDL, Acetylated-Low-Density Lipoprotein; bFGF, basic Fibroblast Growth Factor; 8-Br-CAMP, 8-Bromo-
cAMP; cAMP, cyclic AMP; DKK3, Dickkopf WNT Signalling Pathway Inhibitor 3; DLL4, Delta Like Canonical
Notch Ligand 4; DNA, Deoxyribonucleic Acid; DOX, Doxycycline; EC, Endothelial Cell; EGM-2, Endothelial
Growth Medium-2; EM, Endothelial Medium; EPAC, Exchange Proteins directly Activated by cAMP; ERG1, Early
Growth Response Protein 1; ETV2, ETS Variant Transcription Factor 2; FLI1, Friend Leukaemia Integration 1
Transcription Factor; GATA2, GATA-binding factor 2; HELF, Human Embryonic Lung Fibroblasts; HES4, Hes
Family BHLH Transcription Factor; iEC, induced Endothelial Cell; iNOS, inducible Nitric Oxide Synthase; JAG1,
Jagged Canonical Notch Ligand 1; MET, Mesenchymal-to-Epithelial Transition; miRNA, MicroRNA; miR-125a-5p,
MicroRNA-125a-5p; NF-κB, Nuclear Factor Kappa B; NOTCH1, Neurogenic Locus Notch Homolog Protein
1; NOS3, Nitric Oxide Synthase 3; OSKM, OCT4 (Octamer-Binding Transcription Factor 4), SOX2 (SRY-Box
Transcription Factor 2), KLF4 (Kruppel-Like Factor 4) and C-MYC (c-Myc proto-oncogene protein); Poly I:C,
Polyinosinic-polycytidylic acid; RAP1, Ras-Related Protein 1; SB341542, TGF-β Receptor Kinase Inhibitor; SETSIP,
Set Like Protein; Stat3, Signal transducer and activator of transcription 3; TGFβ, Transforming Growth Factor Beta;
TLR3, Toll-Like Receptor 3; VEGF, Vascular Endothelial Growth Factor; VEGFR2, Vascular Endothelial Growth
Factor Receptor 2.

2.1. Pluripotency Factor-Based Reprogramming

Direct reprogramming with the Yamanaka factors to generate induced-endothelial
cells (iECs) was first demonstrated by Margariti et al. [10]. 4-day lentiviral overexpression of
OSKM successfully dedifferentiated human fibroblasts into a partially induced-pluripotent
state which did not express pluripotency markers such as SSEA-1 and did not generate any
tumours when injected into mice. With the addition of endothelial differentiation culture
medium (EGM-2 media), iECs were formed displaying typical endothelial morphology and
functions (Low-density lipoprotein (LDL) uptake and angiogenesis), as well as expressing
a panel of endothelial-specific markers such as vascular endothelial growth factor receptor
2 (VEGFR2; also known as kinase domain receptor, KDR), endothelial nitrous oxide syn-
thase (eNOS), and von Willebrand factor (vWF). eNOS produces nitric oxide (NO), which
vasodilates arteries, controls cell growth and resists inflammatory changes such as platelet
aggregation. NO production is an important indicator of endothelial function and exerts
an atheroprotective effect. However, this study did not assess NO production [10].

Based on Margariti and colleagues’ discoveries, it was soon shown that not all Ya-
manaka factors are required for transdifferentiation. Li et al. showed that OCT4 and KLF4
are sufficient for successfully reprogramming human fibroblasts into iECs, albeit with
lower conversion efficacies of around 1%, improved to 3.85% with 8-Br-cAMP [11]. This
conversion efficacy is significantly lower when compared to the 3-factor combinations of
OCT4, SOX2 and KLF4 at 11.8% [11] and 4-factor combinations of OSKM at ~30% [10,12].
Nevertheless, sorting methods for the two-factor protocol achieved a 97% pure popula-
tion of cells expressing a key endothelial marker, platelet endothelial adhesion molecule-1
(PECAM-1; also known as cluster of differentiation 31 or CD31) [11]. Using fewer factors
may achieve cheaper and faster protocols while avoiding oncogenic factors like C-MYC.
As technology improves and more specific markers are identified, selection and sorting
methods may overcome low transdifferentiation efficacies. Indeed, such methods will
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need to be robust as any potentially pluripotent cell that does escape filtering can exert a
teratoma risk [20].

Hong et al. showed that arterial SMCs were also amenable to the Yamanaka factor-
based reprogramming approach [12]. SMCs are a valuable cell source as they are abundant
and found immediately adjacent to the endothelium. Moreover, they possess significant
phenotypic plasticity and share mesodermal origins and common progenitors with ECs-
during embryogenesis, suggesting that their genetic and epigenetic mountains are easier to
climb in the transdifferentiation process [21]. Hong and colleagues first generated CD34-
positive vascular progenitors with 4 days of OSKM overexpression which was followed by
differentiation in EGM-2 media and VEGF for 6 days [12]. Within their population of iECs,
33.4% of cells expressed CD31. Other key endothelial genes were upregulated (CD34, KDR,
CD144, eNOS and vWF) while SMC genes were downregulated (α-SMA, SM22α, calponin,
SM-MHC). Representative of functional mature ECs, the iECs took up LDL and increased
expression of an inflammatory molecule, intercellular adhesion molecule 1 (ICAM-1) in
response to TNF-alpha stimulation [12].

Hong and colleagues also identified several key insights into the reprogramming
mechanism. The mesenchymal-to-epithelial transition (MET) occurred simultaneously
with the reprogramming of SMCs to a vascular progenitor [12]. The upregulation of vas-
cular endothelial cadherin (VE-cadherin, also known as CD144), an essential endothelial
homeostasis and angiogenesis regulator, was the key event in the transition. In addition,
two components within the Notch pathway, HES5 (HES family transcription factor 5) and
JAG1 (Jagged canonical Notch ligand 1, a surface protein), had essential regulatory func-
tions in differentiation. Overexpression of both proteins increased EC marker expression,
while knockout studies on HES5 lowered marker expression. JAG1 increased the promoter
activity of HES5 and eNOS. The Notch signalling pathway is affiliated with various cellular
functions from cell growth, cell fate regulation and angiogenesis [22]. In keeping with the
above findings, a recent pioneering study confirmed Notch signalling as a promoter of
MET by increasing JAG1 mRNA expression through the RBP-Jκ transcription factor [23].
Moreover, JAG1 expression by ECs has been shown to propagate the development of
multi-layered SMCs around an endothelial layer through lateral induction, which holds an
exciting research avenue where JAG1/Notch signalling can facilitate reconstitution of an
arterial wall from induced cells [24]. Furthermore, crosstalk between Notch and VEGF has
been shown to promote angiogenic sprouting, vascular branching and stabilise cell-to-cell
junctions [25].

Although the above studies have demonstrated no in vivo tumour formation for the
respective observation periods in mice, the potential for tumorigenesis cannot be ruled out
with short-term overexpression of pluripotency factors. Lentiviral delivery of the factors
is rather troublesome due to the risks of insertional mutagenesis, host genetic alterations
and germline transfers [7]. A safer route with plasmid delivery of OSKM was trialled by
Hong et al., although a thorough analysis of the protocol is yet to be established [12]. An
alternative route to the dedifferentiated, progenitor-like state that bypasses viral genetic
handling was achieved with the cytokine-like protein dickkopf-3 (DKK3) [13]. Again,
4-day overexpression of adenoviral-delivered DKK3 followed by culturing in EGM-2 media
supplemented with VEGF for 6 days, robustly reprogrammed human fibroblasts into
functional iECs. Pluripotency marker expression (OSKM) did not change throughout
the protocol. Showcasing their novel ex vivo circulation bioreactor system, the authors
implanted their DKK3-reprogrammed iECs onto a decellularised aortic mouse graft, and
after 5 days of culturing, observed an iEC monolayer surrounded by a multi-layered SMC
wall. However, further in-depth analysis of cellular changes, marker expression patterns
and EC-mural associations was not conducted.

The authors add to the growing evidence that the MET occurs when the cells move
towards a progenitor-like state with VE-cadherin interactions acting as a prerequisite for
further endothelial differentiation. Furthermore, the anti-angiogenic activity of microRNA
(miR)-125a-5p through regulation of Stat3 (signal transducer and activator of transcrip-
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tion 3) was observed. Stat3 has been identified to improve the production of NO and
prostacyclin (a vasodilator) and promote angiogenesis through interactions with VEGF [26].
Mimics of miR-125a-5p resulted in reduced activity of Stat3, whereas Stat3 silencing was
associated with reductions in EC-specific gene expression and in vitro vascular formation.
Interestingly, in the absence of Stat3, miR-125a-5p had no negative regulatory effects on EC
differentiation [13].

While no in vivo studies were conducted, and the reprogramming efficacy is not yet
established, this single-factor protocol by Chen and colleagues does set the foundations for
safer and faster reprogramming approaches without extensive genetic manipulation. More-
over, adenoviral delivery harbours a reduced risk of host DNA integration and is unlikely
to promote immune reactions to lentiviral counterparts [27]. Moreover, DDK3 is athero-
protective in ECs, which highlights a synergistic therapeutic benefit in reprogramming
strategies [28].

2.2. Lineage-Specific Transcription Factors—The Advent of ETV2

ETV2 (E-twenty-six variant transcription factor 2) is well-established as a potent
regulator of embryonic vascular development [29]. The factor is transiently expressed
during embryogenesis, becoming virtually undetectable in postnatal ECs but significantly
elevated following endothelial injury [30]. Indeed, both ETV2 knockout and prolonged
exposure are associated with abnormal embryological vascular development [31,32]. Based
on the above findings, Ginsberg et al. theorised that ETV2 alongside two other ETS-
domain transcription family factors, FLI1 and ERG1, together with TGFβ inhibition, could
induce expression of endothelial-specific genes and hence reprogramming of human mid-
gestation lineage-committed c-Kit negative amniotic cells to iECs [14]. Indeed, transient
lentiviral ETV2 expression induced an immature endothelial progenitor-like state which
matured and ‘locked-in’ the vascular identity in response to continued FLI1 and ERG1
expression. Interestingly, they observed that stoichiometric expression of ETV2 with FLI1
and ERG1 was required to generate iECs from amniotic cells efficiently. Amniotic cell-
derived iECs were functional and expandable with a similar transcriptome to human
umbilical vein endothelial cells (HUVECs). Further constitutive signalling with the protein
kinase AKT1 and transcription factor SOX17 has been shown to improve the activation
of the global endothelial gene program [33]. However, Ginsberg and colleagues’ protocol
failed to reprogram human postnatal cells, and interestingly, when repeated in another
study, the addition of FLI1 and ERG1 observed a lower reprogramming efficacy in murine
fibroblasts [34]. Moreover, the non-autologous implications of amniocentesis-derived
therapy and the amniotic cell source have spurred a debate on the potential ethical and
clinical limitations.

To circumvent the drawback of amniotic cells, Wong and Cooke used three other
endothelial-specific transcription factors, FLI1, GATA2 and KLF4, alongside ETV2 to re-
program human neonatal fibroblasts into ECs, achieving a conversion efficacy of 16% for
CD31-positive cells which was four times higher than the 5-factor protocol of ETV2, FOXO1,
KLF2, TAL1 and LMO2 by Han and colleagues. ETV2 was identified as the most potent
factor for reprogramming induction as systematically removing each transcription factor
except ETV2 in 3-factor combinations only resulted in minimal reductions of CD31-positive
cells. Neonatal fibroblasts were reportedly easier to reprogram than adult fibroblasts due
to a more fluid epigenetic state. However, a study used modified mRNA encoding ETV2,
FLI1, GATA2, and KLF4 to compare differences in angiogenic behaviour between repro-
grammed cells derived from neonatal fibroblasts and dermal fibroblasts in patients with
peripheral artery disease [35]. While successfully demonstrating reprogramming with
modified mRNA, the study showed that neonatal and patient-derived iECs exhibited the
same angiogenic behaviour, although this response was inconsistent among iECs derived
from different patients. Further investigations are required to delineate differences between
iECs generated from neonatal and adult cells.
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Three studies reported ETV2 as an independent inductor of human adult fibroblast re-
programming, each with key insights into the endothelial reprogramming mechanism [16–18].
Morita and colleagues used a doxycycline-inducible system for lentiviral delivery of ETV2 to
human adult fibroblasts, which after 15 days, were sorted for CD31-expressing iECs (3.5%).
After suspension in Matrigel plugs and implantation into non-obese diabetic, severe combined
immune deficiency mice, their iECs formed patent vasculature, which enabled erythrocyte
circulation and expressed eNOS while almost 50% of iEC vessels associated with adjacent
mural cells [17]. The authors further identified high levels of endogenous FOXC2 in human
fibroblasts, interacting with ectopic ETV2 through a DNA binding site known as the FOX:ETS
motif. Binding to the motif recruited factors which facilitated gene expression through post-
transcriptional ETV2 alteration and modification of DNA methylation states of key endothelial
genes. Different from the findings reported by Ginsberg et al. [14], ETV2 sufficiently induced
endogenous FLI1 and ERG expression, and ectopic expression of the latter two factors was
not required for generating iECs. An optimal differentiation efficacy was achieved with an
intermediate ETV2 overexpression level, whereby deviations from this level negatively affected
the reprogramming efficacy [17].

However, Morita and colleagues’ protocol used 15-day exposure to ETV2 with an
extensive 50-day culturing period which researchers suggest may have forced the upreg-
ulation of endothelial markers without promoting cellular maturity [7]. With a similar
methodology, Lee et al. failed to produce ECs from human fibroblasts and instead showed
that transient ETV2 expression, independent of FOXC2, is obligatory for transdifferenti-
ation and is reminiscent of embryogenic ETV2 expression patterns [18]. Initial lentiviral
ETV2 induction generated early iECs characterised by mixed endothelial and fibroblast
gene markers and low vWF and PECAM1 expression. The authors acknowledged that the
residual fibroblastic features might be advantageous through synergistic paracrine modu-
lation that matures and maintains early iECs. In a murine model, these early iECs were
demonstrated to increase EC proliferation, neovascularisation and reduce limb ischaemia.
However, whether the therapeutic benefits were attained through a paracrine effect or direct
incorporation into existing vasculature is unclear. Early-to-late transformation of ECs was
demonstrated through a 20-day transgene-free period followed by 6-day ETV2 exposure.
Late-iECs observed increased silencing of fibroblastic signatures, low ETV2 and increased
PECAM1 and NO production, suggesting more significant phenotypic similarities to pri-
mary mature ECs. Adding valproic acid (VPA) alongside the early-to-late iEC conversion
improved the differentiation efficacy from 2% to 60%. In vivo studies demonstrated the
incorporation of late-iECs into host vessels [18].

Morita et al. further observed an arterial endothelial specification with enhanced
eNOS expression and mural-endothelial associations when their reprogrammed cells were
constituted in Matrigel plugs containing mural cells and exposed to environmental changes
such as shear stress [17]. However, without mural cell association, cells expressed venous
markers suggesting a venous phenotype. In keeping with previous studies, these findings
attribute the pivotal role of local microenvironments and dynamic mechanical forces in
maturing and directing ECs to a distinct sub-phenotype. Further arterial specification
was achieved with forskolin, a labdane diterpenoid extracted from the Coleus barbatus
plant, which has shown several cardioprotective effects in early clinical studies [36,37].
Kim and colleagues first demonstrated that ETV2 activates cyclic AMP (cAMP) and ex-
change proteins directly activated by cAMP (EPAC) [16]. Subsequently, GTP-bound RAP1
protein is activated, which stimulates EC gene expression. Forskolin acted as a cAMP
activator which promoted cAMP/EPAC/RAP1 signalling and observed a 3.2-fold increase
in the number of CD31+/VE-cadherin+ ECs generated while promoting arterial-specific
endothelial markers through Notch signalling. Forskolin treatment demonstrated further
suppression of mesenchymal markers and improved neo-vascularisation in vivo compared
to vehicle-treated cells. RAP1 activation by ETV2 was shown in another study to promote
the development of durable lumens [38].
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Solidifying the role of ETV2 in endothelial reprogramming, ETV2 was recently iden-
tified as a pioneer factor [29]. From studies on mouse embryonic fibroblasts (MEFs), the
authors showed that ETV2 binds to nucleosomes and recruits BRG1, which then forms
a complex acting to relax chromatin configurations of endothelial genes while recruiting
other cofactors and increasing H3K27ac deposition. BRG1 maintained open chromatin for-
mations allowing ETV2 to recruit other factors to activate endothelial gene expression. The
authors also highlight the contribution of immune signalling in facilitating or repressing
reprogramming based on their observation that a MEF cluster with greater inflammatory
activity experienced greater upregulation of genes compared to a cluster with less inflam-
matory activity. Finally, ETV2 suppressed non-endothelial lineages by downregulating
mesodermal genes [29].

2.3. Innate-Immune Activation—The Big Potential of Small Molecules

A research group has contributed significantly towards a paradigm shift away from
pluripotency and lineage-specific transcription factors-based cellular reprogramming [9,39,40].
The researchers showed that innate immune activation is a facilitator and independent inductor
of direct reprogramming. Innate immune activation via small molecules could induce a state
of epigenetic plasticity, which is then amenable to differentiation with specific signals—a
phenomenon termed ‘transflammation’ [39]. A key benefit of this approach is that viral vectors
are avoided, and genetic manipulation is minimised. Through three progress studies, the
research group reported three key findings: (1) innate immunity could be activated by targeting
TLR3 (Toll-like receptor 3), which induces phenotypic plasticity through the (2) activation of
the inducible-NOS (iNOS) signalling pathway and (3) the metabolic conversion from oxidative
phosphorylation to glycolysis. Inhibition of iNOS and glycolytic switching reduced or inhibited
endothelial differentiation. Through these processes, innate immune activation effectively
increased DNA accessibility for reprogramming.

In their introductory study, an agonist of TLR3, polyinosinic:polycytidylic acid (polyI:C;
PIC), induced a state of epigenetic plasticity, namely a global changes in epigenetic modi-
fiers that increase the probability for an open chromatin state, in human fibroblasts which
trans-differentiated into ECs in response to culture medium containing VEGF, BMP4, FGF,
8-Br-cAMP, and a TGFβ-inhibitor [9]. The resulting iECs shared similar functional and
genetic characteristics to native ECs, with a conversion efficacy of 2% for CD31-expressing
cells. Even though the iECs failed to incorporate with the endogenous vasculature in a
peripheral artery disease murine model, a potential paracrine effect of iECs was observed
to promote angiogenesis and improve tissue perfusion. The investigators further alluded
to unpublished data suggesting the viability of targeting alternative receptors such as TLR4
and RIG-I (retinoic acid-inducible gene I) for innate immune activation.

The following study aimed to elucidate the cellular pathways that underline the
above reprogramming process [40]. Upon agonist activity of TLR3, an extensive signalling
cascade began with activation of iNOS mediated by NFkB. The end feature of the cascade
through NO production or direct binding to iNOS was the destabilisation of PRC1, which
maintains suppressive epigenetic marks such as the trimethylation of histone 3 at lysine
27 (H3K27me3) of the CD31 promoter region. Decreased H3K27me3 results in greater DNA
accessibility for key transdifferentiation factors.

In their latest study on the topic, innate immune activation was coupled to metabolic
activity with a switch from oxidative phosphorylation to glycolysis [39]. Specifically,
iECs were generated by treating fibroblasts with induction medium containing Poly I:
C (30 ng/mL) and EC georth medium supplemented with VEGF (50 ng/mL), bFGF(20
ng/mL), BMP4 (20 ng/mL), and 8-Br-cAMP (100 μM) for the 1st and 2nd week, respectively.
The CD31+ iECs were sorted with flow cytometer and expanded in EC growth medium
with SB431542 (10 μM). Mechanistically, by conducting multiple biochemical experimen-
tation including Seahorse assay, the authors found that the metabolic changes occurred
through numerous steps beginning with diverting some pyruvate and citrate away from
the citric acid cycle and into the cytoplasm facilitated by the upregulation of mitochon-
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drial citrate transporters (such as Slc25a1). Increased expression of nuclear ATP citrate
lyase leads to the generation of nuclear acetyl-CoA. Acetyl-CoA then increases the activity
of histone acetyltransferases which support histone acetylation and configures access to
genes that promote transdifferentiation. The absence of alterations in fatty acid synthesis,
upregulation of glycolytic enzymes by PIC and the induction of iNOS instead of eNOS
provides compelling evidence that innate immune signalling independently contributed
to the metabolic shift. However, the authors did observe metabolic heterogeneity in their
population, which they suggested may be attributed to the metabolic heterogeneity of the
starting fibroblast population. Ultimately, the iNOS pathway and glycolytic shift indirectly
increase endothelial-specific gene expression by promoting an open chromatin composition.
Further investigations into the metabolic shifts and mitochondria-nuclear signalling may
identify more effective transdifferentiation strategies.

2.4. MicroRNA-Based Reprogramming

MicroRNAs (miRNA/miR) are increasingly observed to hold important roles in cell
fate specification [41]. MiRNA was recently used to reprogram SMCs into iECs [19]. By
identifying miRNA enrichment levels between ECs and SMCs, McCoy and colleagues
demonstrated that transfection of EC-enriched miR-146a-5p and 181b-5p mimics, with
the converse inhibition of SMC-enriched miR-143-4p and miR-145-5p could reprogram
human coronary artery SMCs (CASMCs) into iECs. Their transdifferentiation protocol
took place over 20 days with initial transfection followed by culturing in media consisting
of EGM-2 (with a TFGβ inhibitor and 8-Br-cAMP), sorting for ICAM-1 positive cells
and a final expansion phase. The iECs shared similar transcriptional and phenotypical
profiles to HUVECs but not to CASMCs. In a murine hindlimb ischaemia model, mice
transplanted with iECs experienced significantly faster perfusion times (142% faster) on
day-11 post-injection and fewer toe loss (a sign of prolonged ischaemia) than HUVEC
transplant recipients. The authors observed increased eNOS expression, which they believe
reflects their angiogenic benefits. Furthermore, the upregulation of NOTCH1, JAG1 and
DLL4 provides further evidence for the involvement of Notch signalling in SMC-to-EC
conversion [19].

The 4-miR cocktail protocol confirms the viability of non-viral reprogramming ap-
proaches to generate iECs that are theoretically comparable to iECs generated through
pluripotency and lineage-specific factors. However, there are a few areas for further im-
provement. Firstly, there may be better markers for iEC sorting than ICAM-1. Mature,
quiescent ECs observe very low basal expression of ICAM-1, and its role is more robustly
related to endothelial activation in pathogenic pathways, including atherosclerosis [42].
ICAM-1 is also expressed in other cells, such as macrophages and lymphocytes. Vascular
cell adhesion molecule 1 is a more specific inflammatory marker for ECs, while CD31 and
CD144 are generally considered highly reflective of mature ECs [43]. Secondly, the repro-
gramming efficacy is not clear which hinders any comparisons with other reprogramming
approaches. Furthermore, several other miRs that could independently or synergistically
induce reprogramming. For example, miR-539 and miR-582 are associated with SMC-to-EC
communication to guide SMC development around ECs, while miR-125/126 have regu-
latory effects on TGFβ activity [19,44]. A cocktail of curated suppressive and expressive
miR elements may yield high reprogramming efficacies. Further analysis of the effect of
miR on disease states like atherosclerosis and diabetes will be essential to reduce the risk of
adverse effects.

3. Smooth Muscle Generation

SMCs are found in the tunica media and help the artery withstand and regulate
blood pressure by constricting and relaxing. Like ECs, several studies have reported
using pluripotency and lineage-specific factors to reprogramme various somatic cells into
induced-vascular smooth muscle cells (iSMCs) (Table 2; Figure 2). Human embryonic lung
fibroblasts (HELF) were successfully reprogrammed into iSMCs with 4-day exposure to
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OSKM, followed by 4-day culturing in SMC differentiation medium [45]. The resulting
iSMCs closely resembled native SMCs with the upregulation of SMC-specific markers such
as SM22 (smooth muscle protein 22), calponin, SMA (smooth muscle actin-alpha), MYH11
(myosin heavy chain), SRF (serum response factor), MYOCD, and smoothelin. MYH11
and smoothelin are regarded as the best indicators of a mature SMC [46]. Other lineage-
specific markers were not upregulated in the process, an important finding as some SM-
specific markers are transiently expressed in other cell types like myofibroblasts. However,
expression patterns of SM-specific miRs (e.g., miR-143) seen in mature SMCs and used as
reprogramming factors by Mccoy et al. [19] were not investigated in this study. Nonetheless,
fibroblast gene downregulation and contractile responses to KCl administration did suggest
a mature and functional SMC phenotype of iSMCs. Although only 38% of cells were SM22-
positive in this approach, antibiotic selection of cells with neomycin produced a pure
population of SM22-positive iSMCs, as reported in this study [45].

Table 2. Generation of smooth muscle cells through cellular reprogramming.

Reference
Source

Cell
Transcription

Factors
Culture Medium

Functional
Outcome

In Vivo Therapeutic
Potential

Signalling
Pathway

Limitations

Karamariti
et al., 2013

[45]
HELF

OCT4,
SOX2,
KLF4,

C-MYC

DM (MEM α, 10%
FBS, 100 U/mL
penicillin and
streptomycin,

0.2 mM L-glutamine,
0.1 mM

β-mercaptoethanol,
10 ng/mL
PDGF-BB)

iVSMCs

Transplantation of
iVSMCs-seeded
decellularised
vessel in mice

increased survival

DKK3/Kremen1/
Wnt signalling

Limited to
HELF,

Unknown
efficacy of

iVSMC
generation,

HELF is
ethically

controversial

Karamariti
et al., 2018

[47]
HELF DKK3

DMEM (ATCC, 10%
EmbryoMax® ES Cell

Qualified FBS,
10 ng/mL LIF,

0.1 mM
2-mercaptoethanol)

on a 0.04%
gelatin substrate

VPCs, iVSMCs

Promotes
stabilisation of
atherosclerotic

plaques by increasing
SMCs and

suppressing
inflammation

DKK3/ATF6/
TGFβ1

HELF is
ethically

controversial.

Hirai et al.,
2018
[48]

MEF and
adult

dermal
fibroblasts

Myocd,
GATA6,
MEF2C

SMC medium
(DMEM/F-12, 10%

KSR, 2 ng/mL
recombinant human
TGF-β1, 10 ng/mL
human PDGF-BB,

1% penicillin-
streptomycin)

iVSMCs Not assessed Not assessed
Partially

reprogrammed
iVSMCs

ATF6, Activating Transcription Factor 6; DKK3, Dickkopf WNT Signalling Pathway Inhibitor 3; DMEM, Dul-
becco’s Modified Eagle Medium; FBS, Fetal Bovine Serum; GATA6, GATA-binding factor 6; HELF, Human
Embryonic Lung Fibroblasts; iVSMCs, iPSC-derived Vascular Smooth Muscle Cells; KREMEN 1, Kringle Contain-
ing Transmembrane Protein 1; KSR, Knockout Serum Replacement; MEF, Mouse Embryonic Fibroblasts; MEF2C,
Myocyte-Specific Enhancer Factor 2C; MEM α, Minimum Essential Medium α; Myocd, Myocardin; OSKM, OCT4
(Octamer-Binding Transcription Factor 4), SOX2 (SRY-Box Transcription Factor 2), KLF4 (Kruppel-Like Factor 4)
and C-MYC (c-Myc proto-oncogene protein); PDGF-BB, Platelet-Derived Growth Factor-BB; SMC, Smooth Muscle
Cell; TGFβ1, Transforming Growth Factor Beta 1; VPCs, Vascular Progenitor Cells.

198



J. Funct. Biomater. 2023, 14, 21

Figure 2. Schematic diagram showing key reprogramming factors, induction medium, and dura-
tion used for creating induced smooth muscle cells (iSMCs) in the different studies. Colour code:
Red, Pluripotency factor-based reprogramming; Yellow, Lineage-specific transcription factors-based
reprogramming. ATCC, ATCC medium; ATCC F-12K, ATCC-Kaighn’s Modification of Ham’s F-
12 Medium; DKK3, Dickkopf WNT Signalling Pathway Inhibitor 3; DM, Differentiation Medium;
DMEM, Dulbecco’s Modified Eagle Medium; GATA6, GATA-binding factor 6; KSR, Knockout Serum
Replacement; MEF, Mouse Embryonic Fibroblasts; MEF2C, Myocyte-Specific Enhancer Factor 2C;
MEM α, Minimum Essential Medium α; MYOCD, Myocardin; OSKM, OCT4 (Octamer-Binding
Transcription Factor 4), SOX2 (SRY-Box Transcription Factor 2), KLF4 (Kruppel-Like Factor 4) and
C-MYC (c-Myc proto-oncogene protein); PDGF-BB, Platelet-derived growth factor-BB; SMC, Smooth
Muscle Cell; TGFβ1, Transforming Growth Factor Beta 1.
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Reprogramming HELFs to iSMCs identified a novel role of DKK3. During trans-
differentiation, DKK3 binds to Kremen1 and activates canonical Wnt signalling, which
then causes the translocation of β-catenin into the nucleus. B-catenin then enhances the
transcriptional activity of SM22 [45]. Interestingly, the reprogramming protocol presented
in this study appears to be specific to HELFs and OSKM, as repeating the approach on
skin fibroblasts observed no significant changes in SMC marker expression [45]. From their
identification of DKK3′s involvement in reprogramming, Karamariti and colleagues further
demonstrated adenoviral nucleofection of DKK3 as an independent inductor of reprogram-
ming and readily transdifferentiated HELFs into iSMCs [47]. The iSMCs observed similar
transcriptional and behaviour profiles to native SMCs. Analysis of the molecular pathway
highlighted a different signalling cascade to OSKM-based iSMC reprogramming. DKK3
induced activity of the transcription factor ATF6 (activating transcription factor 6) which
then increases transcription of TGFβ1. TGFβ1 expression increased SMC gene expres-
sion in fibroblasts. Furthermore, through several in-vitro and animal studies, the authors
showed that DKK3-based reprogramming of both vascular progenitors and fibroblasts
into iSMCs promotes stabilisation of atherosclerotic plaques (by suppressing inflammation
and increasing SMCs)—highlighting a synergistic benefit of the protocol [47]. However, as
DKK3 and TGFβ are both involved in reprogramming SMCs and ECs, the next challenge
is identifying what pathways and molecules regulate each cell’s fate. Moreover, further
work must elucidate whether different mediums or combinations of factors could better
transform skin fibroblasts into SMCs and avoid the ethical implications of obtaining HELFs
and the invasive nature of lung biopsies.

The conversion of human dermal fibroblasts (HDFs), a more ethically acceptable
cell source, into iSMCs was achieved through the retroviral introduction of three factors,
MYOCD, GATA6 and MEF2C (collectively known as MG2) with a conversion efficacy of 80%
for MYH11-positive cells [48]. MYOCD is well-known as the master regulator of smooth
muscle differentiation. However, the three-factor combination only induced endogenous
MYOCD in mouse embryonic fibroblasts (MEFs), which the authors speculate may reflect an
MYOCD-independent reprogramming pathway in human aorta media. Active suppression
of Kruppel-like transcription factors (KLFs) is an alternative explanation for the finding.
Identifying the regulators of MYOCD is a topic of ongoing research. However, evidence
does demonstrate the KLF family’s repressive nature on MYOCD expression and their
participation in the movements towards the synthetic-SMC phenotype [49,50]. Hence, high
KLF5 expression in iSMCs compared to the control suggests partially reprogrammed cells.
Further research needs to elucidate the role of MYOCD and its regulators in reprogramming.
Suppressing KLF may facilitate the drive towards and maintenance of mature iSMCs.

4. Vascular Progenitor Cells

Several studies have reported small and rare colonies of progenitor cells found in different
locations of the arterial wall, particularly the tunica adventitia [51]. These progenitors include
endothelial, smooth muscle, haematopoietic, and multipotent stem/progenitor cells. For
successful induction of a vascular progenitor, the final cell should exhibit high proliferative
capacity, interact with the cellular matrix and readily differentiate into their respective cells.
Similar to iECs and iSMCs, multiple cellular reprogramming methods have been reported to
generate directly induced vascular progenitor cells (iVPCs) (Table 3; Figure 3).
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Table 3. Generation of vascular progenitor cells through cellular reprogramming.

Reference
Source

Cell
Transcription

Factors
Culture Medium

Functional
Outcome

In Vivo
Therapeutic

Potential

Signalling
Pathway

Limitations

Kurian
et al., 2013

[8]

Human
neonatal
and adult
fibroblasts

OCT4, SOX2,
KLF4, C-MYC

MIM (DMEM:F12,
15 mg mL−1 stem

cell–grade BSA,
17.5 μg mL−1 human
insulin, 275 μg mL−1

human holo-transferrin,
20 ng mL−1 bFGF,

50 ng mL−1 human
VEGF-165 aa, 25 ng mL−1

human BMP4, 450 μM
monothioglycerol,

2.25 mM L-glutamine,
2.25 mM NEAA)

CD34+

angioblast-like
bipotent

progenitors

Forming
functional

blood vessels
that integrated

with host
vasculature

Not
investigated

Heterogenous
cells

Zhang et al.,
2017a [52]

Human
adult and
neonatal
dermal

fibroblast

OCT4, SOX2,
KLF4, C-MYC

DMEM/F12 (20%
KSR,10 ng mL−1 bFGF,

1 mM GlutaMAX,
0.1 mM NEAA, 55 μM
β-mercaptoethanol)

Induced
tripotent
cardiac

progenitor cells
(iSMCs, iECs,

iCMs)

Improved
cardiac

function and
reduced
adverse
cardiac

remodelling

Not
investigated Teratoma risk

Zhang
et al., 2016

[53]
MEF OCT4, SOX2,

KLF4, C-MYC

ieCPC basal medium
plus Advanced

DMEM/F12: Neural
basal (1:1) (1X N2, 1X B27

without Vitamin A, 1X
Glutamax, 1X NEAA,
0.05% BSA, 0.1 mM
β-ME) plus BACS,
(5 ng/mL BMP4,

10 ng/mL
Activin A, 3 μM

CHIR99021, 2 μM
SU5402)

BACS as a
reliable

prerequisite for
the effective
creation and

ongoing
renewal of

ieCPCs

Directly
produce CMs,

ECs, and SMCs
when exposed
to the infarcted

heart
environment

in vivo

Not
investigated

Translational
applicability of

these cells

Pham
et al., 2016

[54]

Human
dermal

fibroblasts
ETV2

Medium 200 (5% PRP,
5 ng/mL recombinant

EGF, 1 ng/mL
recombinant VEGF,

20 ng/mL insulin-like
growth factor, 1 μg/mL

ascorbic acid,
0.2 μg/ mL

hydrocortisone,
22.5 μg/mL heparin, 1%
antibiotic-antimycotic)

Unipotent
iEPCs

Improve
hindlimb
ischemia

Not
investigated

Venous not
arterial ECs

Park
et al., 2020

[55]

Mouse
fibroblasts ETV2, Fli1

VPC medium (10% FBS,
2 mmol/L L-glutamine,
β-mercaptoethanol,

penicillin/streptomycin,
10 ng/mL VEGF)

Self-renewal
and biopotency

iVPCs

Enhanced
blood flow

without
tumour

formation

Not
investigated

Contamination
of residual

undifferentiated
PSC

BACS, BMP4, Activin A, CHIR99021, SU5402; bFGF, basic Fibroblast Growth Factor; BMP4, Bone Morphogenetic
Protein 4; BSA, Bovine Serum Albumin; CHIR99021, Glycogen Synthase Kinase 3 Inhibitor; CM, Cardiomyocyte;
EC, Endothelial Cell; ETV2, ETS Variant Transcription Factor 2; Fli1, Friend leukaemia integration 1; iCM, induced
Cardiomyocyte; iEC, induced Endothelial Cell; iEPC, induced Endothelial Progenitor Cell; iSMC, induced Smooth
Muscle Cell; iVPC, induced Vascular Progenitor Cell; OSKM, OCT4 (Octamer-Binding Transcription Factor 4),
SOX2 (SRY-Box Transcription Factor 2), KLF4 (Kruppel-Like Factor 4) and C-MYC (c-Myc proto-oncogene protein);
MEF, Mouse Embryonic Fibroblasts; MEM, Minimal Essential Medium; MIM, Mesodermal Induction Medium;
SMC, Smooth Muscle Cell; SU5402, Inhibitor of FGF, VEGF, and PDGF signaling; VEGF, Vascular Endothelial
Growth Factor; VPC, Vascular Progenitor Cell.
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Figure 3. Schematic diagram showing key reprogramming factors, induction medium, and duration
used for creating induced vascular progenitor cells (iVPCs) in the different studies. Colour code:
Red, Pluripotency factor-based reprogramming; Green: Lineage-specific transcription factor ETV2-
based cellular reprogramming. BACS, BMP4, Activin A, CHIR99021, SU5402; bFGF, basic Fibroblast
Growth Factor; β-ME, β-mercaptoethanol; BMP4, Bone Morphogenetic Protein 4; BSA, Bovine Serum
Albumin; CHIR99021, Glycogen Synthase Kinase 3 Inhibitor; DMEM, Dulbecco’s Modified Eagle
Medium; DOX, Doxycycline; EGF, Endothelial Growth Factor; FBS, Fetal Bovine Serum; Fli1, Friend
leukaemia integration 1; JI1, Jak Inhibitor 1; KSR, Knockout Serum Replacement; OSKM, OCT4 (Octamer-
Binding Transcription Factor 4), SOX2 (SRY-Box Transcription Factor 2), KLF4 (Kruppel-Like Factor 4)
and C-MYC (c-Myc proto-oncogene protein); MEM, Minimal Essential Medium; MIM, Mesodermal
Induction Medium; NEAA, Non-Essential Amino Acid; VEGF, Vascular Endothelial Growth Factor.
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4.1. Pluripotency Factor-Based Reprogramming

Forced expression of OSKM has directly reprogrammed adult fibroblasts into two
types of bipotent VPCs [8,52]. The first approach by Kurian and colleagues used 8-day
expression of OSKM and 8-day incubation in a mesodermal-induction-medium to generate
CD34-positive progenitor cells capable of forming functional iECs and iSMCs [8]. CD34 is
a characteristic marker of haematopoietic progenitor cells [56]. The benefit of progenitor
cells in regenerative therapy was highlighted when an initial conversion efficacy of 20–60%
for CD34-positive cells was increased to 400–1200% through expansion methods. Genetic
characterisation of terminally differentiated cells indicated heterogeneous expression of
markers, with arterial, venous, and lymphatic gene expression in iEC populations, and the
presence of pericyte markers in iSMC populations. The authors attribute these findings
to experimental alterations, poor downregulation of fibroblast signatures or variations in
epigenetic plasticity between cells. Finally, the ability to repeat the protocol with episo-
mal delivery of OSKM showcased the viability of non-integrating delivery methods that
circumvent viral integration’s safety issues [8].

The second approach by Zhang et al. introduced OSKM into human adult dermal
fibroblasts for 7-days to produce CD34-positive cells capable of differentiation into either
iECs or induced-erythroblasts (iEBs) through culturing in endothelial and erythroblast
differentiation mediums for 10-days and 4-days, respectively [52]. iEBs were identified
by the erythroid marker CD235a. When assessed in vivo, new vessels from human CD34+

progenitor cells readily communicated with the existing murine vessel and contained
murine erythrocytes. The release of differentiation signals like VEGF in ischemic tissue and
erythropoietin in circulating blood is a potential mechanism for differentiating transplanted
CD34+ progenitors into iECs or iEBs. Furthermore, the transcription factor SOX17 (SRY-
box transcription factor 17) was identified as a ‘tuneable rheostat-like switch’ whereby
overexpression favoured the endothelial lineage compared to depletion, which promoted
the erythroblast fate [52]. Thus, SOX17 is a regulator of endothelial development and a cell-
fate decider. Another key finding from this study is the increased telomerase activity upon
de-differentiation, which marks a crucial therapeutic benefit where cells could undergo
prolonged proliferation.

The generation of cardiac progenitor cells (iCPCs) with tripotent potential for ECs, SMCs
and cardiomyocytes (CMs) was achieved through a three-stage protocol [53]. (1) Murine
fibroblasts were first exposed to OSKM and JI1 (Jak inhibitor 1) for 5-days followed by (2) 2-day
treatment with JI1 and an activator of canonical Wnt signalling (CHIR99021). The transition to
a progenitor was completed with (3) 14-day culturing in a medium containing BMP-4, Activin
A, CHIR99021 and SU5402 (an inhibitor of VEGF), collectively known as BACS. The expression
of markers FLK-1 and PDGFR-α indicated the progenitor state. The terminal progenitor cells
were restricted to the cardiovascular lineage, displayed significant self-renewable capacity,
expanded more than 1010-fold and were genetically stable for more than 18 passages. Although
aimed at cardiac regeneration, this protocol is advantageous for vascular repair. For example,
progenitors may support coronary artery regeneration, and the CMs can improve cardiac
function. In vivo transplantation of iCPCs into mice resulted in the generation of cells of
the 3 lineages, with 90% of iCPCs undergoing differentiation to form SMCs, CMs and ECs
in an approximated ratio of 6:3:1. In a myocardial infarction murine model, functional
improvements such as reduced scar size were observed. Whether the cells directly promoted
the therapeutic benefits or indirectly through paracrine modulation is unclear and requires
further investigation. A caveat with the authors’ protocol was that not all iCPCs were tripotent,
with 45.5%, 22.7%, and 31.8% of them being unipotent, bipotent or tripotent, respectively. It
will be interesting to investigate whether variations to the reprogramming protocol could
dictate which potency level and lineage(s) is derived). The mechanism underlying BACS in
facilitating de-differentiation to a progenitor is another subject for future research.
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4.2. ETV2

In the previous discussion of EC generation, ETV2 transduction reportedly led to the
development of a progenitor-like state which was amenable to differentiation under specific
cultures [14]. However, the progenitor cells needed to be better characterised, and only their
lineage derivates were transplanted into mice for in vivo studies. Recently, in the absence
of differentiation media, ETV2 successfully generated induced-endothelial progenitor
cells (iEPCs) [54,57]. Through either lentiviral delivery or using modified mRNA, ETV2
overexpression for 14-days propagated expression of CD31-positive iEPCs, which robustly
formed capillary-like networks within Matrigel plugs and improved tissue perfusion in
a murine hindlimb ischaemia model. Hypoxic conditions (5% oxygen) improved the
lentiviral-based reprogramming efficacy 6-fold from 1.21% under normoxia to 7.5% for
CD31-positive cells with hypoxia. Notably, a much lower efficacy of 3.1% under hypoxic
conditions was observed with modified ETV2 mRNA delivery. Nevertheless, following
sorting, both protocols achieved almost pure CD31-positive cell populations.

A significant finding of the ETV2-based approach was using an alternative medium
for culturing progenitor cells [54]. Thus far, most studies discussed have used 10% fetal
bovine serum (FBS) to supplement the differentiation media. The use of FBS has several
ethical implications, as some see the procedure to derive the serum from unborn foetuses as
inhumane. Moreover, animal proteins may lead to adverse immune reactions and animal-
to-human viral transmission when transplanted [58]. Hence, the researchers showed that
platelet-rich plasma derived from a patient’s peripheral blood (PRP) could be an alternative
to FBS in various mediums [54]. Non-viral factor delivery and animal-free culture present a
breakthrough in the safety of reprogramming. However, the investigators did not attempt
a thorough genetic characterisation of cells derived from iEPCs. Moreover, the proliferation
capacity of iEPCs was not assessed but did indicate that fibroblasts proliferated prior to
ETV2 administration.

In another study, ETV2 and FLI1 co-expression induced bipotent VPCs (iVPCs) iden-
tified by the expression of the CD144 marker [55]. The CD144-positive iVPCs stably
expanded for 25 passages with an average doubling time of 40 h. The iVPCs differentiated
into functional iECs and iSMCs when cultured in respective differentiation media. In a
murine hindlimb ischaemia model, transplantation of the iVPCs resulted in improved
tissue perfusion. Further research should explore the molecular pathways in which ETV2
and FLI1 facilitate reprogramming to iVPCs. It is worth noting that in the above two papers,
CD31 and CD144 were used to select iVPCs. However, these markers are also present on
mature ECs. Hence, one may question the validity of the iVPCs phenotype. Using more
specific markers or a full panel of genetic markers to confirm the cellular phenotype will
ensure improved reliability and complete characterisation of generated cells.

5. Tissue Engineered Vascular Grafts

TEVGs are biodegradable, cell-seeded scaffolds which can be implanted into a host to
develop over time into functional vessel-like structures [59]. The central idea with TEVGs
is that the scaffold enables cell anchorage and maturation, stimulates extracellular matrix
(ECM) deposition and host cell tissue repair, which can maintain the robust vascular struc-
ture after the polymer scaffold biodegrades. The value of TEVGs in direct reprogramming
research is two-fold. Firstly, TEVGs can be used to investigate reprogrammed cell function
within the microvascular environment. For example, induced cells could be evaluated
for their response to various factors, including the mechanical strain from high-pressure
pulsatile blood flow (through bioreactor systems), circulating hormones, cytokines, oxy-
genation, immune activity and ECM deposition. Moreover, CVD’s underlying disease
processes and risk factors (e.g., high blood glucose and lipid levels) can alter vascular cell
function. Hence, the response of reprogrammed cells to both normal and diseased physiol-
ogy is paramount for safety assessments before clinical translation. Secondly, contemporary
autologous and artificial grafts fail to achieve long-term survivability and sustainability
in replacing diseased vessels with small diameter (<6 mm) [60,61]. By combining direct
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reprogramming with innovative bioengineering materials and manufacturing methods,
patient-specific and genetically augmented vascular cells could be grafted onto scaffolds
with low immunogenic properties. iPSCs-seeded TEVGs have already demonstrated good
integration and therapeutic benefits in animal studies, and one may sufficiently assume
that the benefits of direct reprogramming compared to iPSCs may have greater advantages
with TEVGs [62,63]. Moreover, while in vivo methods such as directly injecting repro-
grammed cells can be therapeutically beneficial in medium to long-term treatment plans,
short-term or urgent clinical requirements may be less feasible. Hence, ‘off-the-shelf’ or
rapidly developed TEVGs will provide holistic coverage of any therapeutic requirements.
TEVG is a dynamic interdisciplinary field with an overwhelming number of strategies,
from improving the fundamental mechanical and chemical properties to the detailed micro-
scopic control of surface morphology and augmentation of post-transplant thrombogenic
processes [4,64–66]. Since TEVG is a complex topic outside the scope of the present view,
the following section provides the reader with a brief exploration and exciting examples of
where direct reprogramming can be applied to TEVGs. Herein we explore using decellu-
larised tissue, 3D bioprinting and scaffold-based systems to generate TEVGs for research
and therapeutic purposes (Figure 4).

Figure 4. Tissue engineered vascular grafts (TEVGs) generated using decellularized tissue, 3D
bioprinting and scaffold-based grafts, respectively.

205



J. Funct. Biomater. 2023, 14, 21

5.1. Decellularised Tissue

Decellularised tissue grafts typically arise from animal or cadaveric vessels that un-
dergo cell and nuclear removal to leave behind the natural ECM scaffold [65]. Decellularised
grafts have several advantages: reduced host-immune responses; presence of natural bio-
chemical and biomechanical properties; presence of bioactive substances that facilitate
the migration of endogenous cells and progenitors; observe high biodegradability with-
out the release of toxic products, and can be re-populated with patient-derived cells [67].
Disadvantages include incomplete decellularization, loss of some properties through the
decellularization process, difficulty achieving complete recellularisation and mismatch be-
tween graft degradation rates and the tissue regeneration rate [67,68]. Several papers have
elegantly documented the advantages and disadvantages of decellularised grafts [69–71].

Several authors have provisionally examined their directly reprogrammed cells on
decellularised aortic grafts (DAG). Margariti et al. seeded their PiPSC-Ecs onto the DAG,
which was followed by culturing in a bioreactor system that emulated physiological blood
flow. The cells aggregated into the typical vessel morphology with Ecs in an elongated and
orientated pattern with patent lumens [10]. Double-seeded PiPSCs demonstrated the ability
to generate an EC monolayer and multiple SMC layers, which improved vessel stability.
Hong et al. injected SMC-derived iECs on the luminal surface of the DAG with primary
SMCs on the outside and observed similar results as Margariti and colleagues but further
exemplified the potential for the same cell source to develop both the endothelial and
smooth muscle components [12]. Karamariti et al. went further and engrafted their double-
seeded PiPS-derived Ecs and SMCs into mice [45]. Their graft observed patent vasculature
and a survival rate of 60% 21-days post-transplantation compared to unseeded DAG and
fibroblast-seeded DAG, which experienced rupture and luminal occlusion, respectively. In
an alternative to DAG, Kim et al. observed complete endothelialisation and maintenance
of endothelial features on a decellularised rat liver scaffold with their iECs [16]. While
the studies mentioned confirm the viability of reprogrammed cells in engineered grafts,
they fail to analyse key vascular physiology markers such as contractile function and ECM
formation. For example, Ji et al. observed dilatory and constriction responses to vasoactive
stimuli (flow rate changes, phenylephrine and acetylcholine) in their TEVG composed
of iSMCs transdifferentiated from endothelial progenitors [72]. Such methods are more
conducive to evaluating cell and tissue function in 3D microenvironments than traditional
2D dish-based analysis.

One limitation of decellularised grafts is the difficulty replanting cells due to the com-
plex ECM architecture [68]. A solution is to use solubilised decellularised grafts to create
2D coatings and 3D hydrogels to improve cell adhesion and maturation [73]. 3D hydrogels
may provide greater recapitulation of the mature ECM microenvironment in vivo [74]. Jin
and colleagues demonstrated that brain ECM-based 2D coatings and 3D hydrogels not
only enhanced conversion efficacies of induced-neuronal cells transdifferentiated from
fibroblasts (through plasmid-delivery of reprogramming factors), but further propagated
cell maturation, gene expression and attained significant therapeutic benefits in animal
studies [73]. The authors further observed only marginal differences between their human
brain-ECM batches, which were nevertheless all conducive to successful reprogramming,
highlighting that batch-to-batch variation studies for decellularized arterial grafts are im-
perative to understand future reproducibility. Another key takeaway is that their hydrogel
can successfully overcome the low conversion efficacies experienced by non-viral delivery
systems [73].

5.2. 3D Bioprinting

3D bioprinting is an emerging approach to directly print cells and supporting mate-
rial (referred to as bioink) to create 3D structures with high precision and curated spatial
distribution [75]. Liguori et al. used a DAG hydrogel to bioprint the tunica media of a
small-diameter blood vessel [76]. The resulting tissue was densely populated and viable
over their 7-day observation period. Interestingly, the hydrogel provided sufficient cues
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to drive spontaneous differentiation of stem cells to SMCs. Ho and Hsu showcased an
approach to combine direct reprogramming and 3D bioprinting. The authors first generated
a thermosensitive and waterborne polyurethane gel which contained human fibroblasts
and the neural direct reprogramming inductor, FoxD3. The authors then demonstrated
that the extrusion pressure generated when extruding the fibroblast and FoxD3-laden
polyurethane gel through a syringe needle of a 3D bioprinter was sufficient to transfect
fibroblasts with FoxD3 and consequently generate neuron-like cells with a conversion
efficacy of 15.6%. Thus, this study provides a non-viral and in-situ approach for repro-
graming cells and synergistically generating a 3D graft [77]. The addition of biomechanical
stimuli post-bioprinting can further mature and functionalise cells, as seen with bioprinted
iPSC-cardiomyocytes, which attained greater sarcomere length and contractile forces after
mechanical stretching [78]. Similarly, drug-releasing microspheres could be added to the
bioink or post-bioprinting to provide constitutive signalling (such as EC differentiation
signals) that may mature and maintain the induced-cell phenotype [79].

5.3. Scaffold-Based Grafts

Scaffold-based grafts use synthetic and natural macromolecular structures to facil-
itate tissue regeneration [65]. Different properties such as fibre material, fibre and pore
size, mechanical stiffness and degradation rates can be tightly controlled to develop niche
microenvironments to regulate cell fate and function. Sato et al. demonstrated the devel-
opment of a 3D synthetic scaffold that facilitated direct reprogramming of fibroblasts into
induced osteoblasts (iOBs) [80]. After transducing fibroblasts with their reprogramming
inductors, the cells were placed and cultured on a fibronectin coated nanogel-cross-linked
porous-freeze-dried (NanoCliP-FD). iOBs readily adhered to the scaffold due to the large
pores and deposited large amounts of bone matrix with significant bone regeneration
observed in vivo. The authors further state that dehydration of the gel into a matrix would
improve storage and transport, with the return to a gel undertaken prior to transplantation.
Controlling pore size is important for vascular cells. Smaller pores result in greater SMC
populations in the lumen with more ECM deposition. If the pore is too small, cells may not
readily seed on the graft [81]. In another study examining iPSC-neural crest cell seeded
scaffolds, it was observed that the 3D scaffold selectively removed undifferentiated iPSCs
through cell confinement which also matured induced-cells to achieve an almost 38-fold
increase in cell survival compared to dissociated cells [82]. This finding is exciting and
highlights the role of scaffolds to organise isolated cells, improve conversion efficacies and
to reduce the risk of tumorigenesis in direct reprogramming approaches. Similarly, mes-
enchymal stem cells readily differentiated to SMCs with stiffer pectin hydrogel scaffolds,
while the EC lineage was promoted with softer scaffolds [79]. Other scaffold materials such
as poly (lactide-co-glycolide)/polyethylene glycol [83] and polylactic acid [84] have also
observed remarkable success with directly reprogrammed cells.

6. The Ethics of Direct Reprogramming

The fundamental ethical advantage of direct reprogramming is the reduced focus
on human embryonic stem cells (hESCs). As somatic cells are the cell source, there is no
need for human blastocysts to be used or produced, which many regards as unethical
due to the risk to and loss of potential life [85]. Moreover, therapeutic cloning becomes
redundant if direct reprogramming can achieve the same results [86]. However, there is
still a residual ethical conflict as the use of hESCs cannot be disregarded entirely. It is
worth noting that direct reprogramming research is still in its infancy. Further in-depth
and side-by-side comparisons of hESCs and their derivatives will need to be conducted
to identify and understand the role of various transcription factors and regulators. hESCs
are a natural derivation of embryogenic physiology compared to what may be seen as
‘unnatural’ with iPSCs and reprogramming. Therefore, hESCs will better assess how genes,
transcription factors, molecules, materials, markers and mediums are employed during
natural de-differentiation and differentiation processes. Thus, in the short term, hESCs are
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required to develop standards to compare cells and understand programming pathways.
However, once differentiation and reprogramming mechanisms are fully validated, hESCs
may be wholly replaced. Similarly, reprogramming approaches using amniotic or human
embryonic cells will experience challenges associated with gaining informed consent
and the lengthy process of gaining approval and oversight from ethical and regulatory
institutions. In the meantime, the most sensible and uncontroversial sources for cellular
reprogramming are adult skin fibroblasts, peripheral blood cells, urine epithelial cells, and
cells from bariatric or metabolic surgery.

7. Current Challenges & Future Perspectives

The review thus far has identified exciting outcomes and outlooks for direct reprogram-
ming approaches. However, several notable challenges remain and need to be addressed
with an outlook for clinical translation. In the following section, we highlight key challenges
and provide potential avenues for overcoming them.

7.1. Factor Identification and Reprogramming Efficacies

The biggest challenge for direct reprogramming is identifying a single or group of
factors that efficiently propagate reprogramming. Traditional factor identification strategies
have used trial-and-error methods, which are tedious, time-consuming, and slow [34].
Thus, studies have primarily used well-known pluripotency factors or master regulators
such as ETV2. However, even with the use of such potent regulators, reprogramming
strategies have encountered hugely varied conversion efficacies ranging from as low as
1% to >90%, which are dependent on a complex network of factors such as the specific
reprogramming factor(s) used, their exposure period, molecular boosters, microenviron-
mental aids (e.g., shear stress and hypoxic environments) and level of inflammatory activity.
While direct reprogramming strategies are still in their infancy, it is still valuable to explore
a range of factors outside the well-known regulators as there may be better inductors
of reprogramming.

To rapidly explore other transcription factors and combinations, several groups have
developed computational prediction systems which use gene expression and regulatory
network data to identify factors that promote the desired lineage conversion [87]. Such sys-
tems enable rapid screening of factors and essentially fall into two categories: transcription
factor identification, which aims to identify transcription factors involved in conversion,
and transcription factor perturbation which is a simulation of the effects of transcription
factors on a cell [88]. Examples of the former include TRANSDIRE (TRANS-omics-based ap-
proach for DIrect REeprogramming) by Eguchi et al., which predicts pioneering factors and
transcription factors for a range of cell conversion, and Mogrify by Rackham et al., which
produces an eight-list rank of top transcription factors that potentially regulate the conver-
sion from specific initial cells to final targeted cells [89,90]. Ronquist et al. demonstrated a
perturbation system that further identifies the amount and induction time of the required
transcription factors for a specific conversion [91]. As technology advances, computational
systems may incorporate non-transcription factors to identify other small molecules and
miRs capable of successfully reprogramming cells. Likewise, it is vital to explore molecules,
culture conditions and mediums that can boost the reprogramming efficacy, as seen with
VPA and forskolin. For further information on computational prediction algorithms and
future perspectives, the reader is directed to several in-depth reviews [87,88,92,93].

7.2. Heterogeneity of Derived Cell Populations

Very few studies examined the specific subtypes of progenitors and differentiated cells
produced. Using the wrong subtype may have unforeseen consequences. For example,
the endothelium in medium-large arteries is continuous, whereas in the liver and kidney,
the endothelium may be fenestrated or sinusoidal owing to their respective functions.
Developing iECs that form a continuous monolayer is crucial for arterial function. Simi-
larly, SMCs display significant heterogeneity in normal anatomy and are characteristically
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different depending on their embryonic origin (e.g., neural crest, mesodermal) and local
factors (biochemical, extracellular matrix and physical) [94,95]. Thus, they may experience
differing production of growth factors, morphology and resistance to vascular disease [96].
For example, cell proliferation and DNA synthesis are increased by TGF-β1 in neural
crest-SMCs but decreased in mesoderm-SMCs [97]. In addition, venous SMCs tend to be
less differentiated, hold greater proliferative capabilities and have higher tendencies to
develop atherosclerosis in venous grafts compared to the arterial phenotype [98]. Con-
sequently, each artery possesses a distinct mosaic pattern of SMCs geared towards their
specific regional function. Thus, research should understand whether transplanting venous
or lymphatic phenotypes of iSMCs and iECs can achieve the desired therapeutic benefits in
arterial structures. Identifying markers may help elucidate specific sub-phenotypes better
and help identify molecules that direct cells to a specific phenotype.

Furthermore, quantifying arterial and venous markers and morphological changes to
categorise heterogeneity is inadequate; protocols to screen for heterogeneous functional
responses are needed. For example, using lentiviral integration of GCaMP6f, a sensitive
Ca2+ sensor, into SMCs, Cuenca et al. could observe and quantify dynamic intracellular
calcium changes and analyse vasoactive heterogeneity [99]. Similar technologies that can
assess variations in acetylated-LDL uptake and NO excretion in an EC population will give
more holistic interpretations of functional heterogeneity.

Cellular tracking technology may also be helpful for differentiating reprogrammed
cells from the starting population, and tracking cellular changes and cell division during
reprogramming. Several methods have already been reported [100,101]. ScarTrace is a
single-cell sequencing approach which adds fluorescent tags to cells enabling tracking
in multiple locations on an organism [102]. Similarly, the Cre-loxP recombinase system
activates GFP (green fluorescent protein) expression in specific cells and permits tracking
their off-spring in vivo, which may prove to be useful in tracking the differentiation of
induced-vascular progenitor cells [100].

7.3. Factor Delivery Systems & Viral Integration

With the end goal of clinical translation, factor and molecule delivery systems should
be safe and target the desired cell type and, where appropriate, the specific genes. Lentiviral
delivery systems are commonplace in reprogramming strategies for their long-term gene
expression and packaging capacity for large transgene sequences [27]. However, they
possess several safety risks due to unpredictable transgene insertion, which can cause
insertional mutagenesis and inadvertently activate proto-oncogenes or silence tumour
suppressors, increasing cancer risk [103]. Other non-integrating viruses like adenoviruses
and Sendai viruses are reportedly safer as they harbour low immunogenic properties and
rarely insert into host DNA. However, adenoviruses possess smaller insert sizes and are
difficult to direct to specific cells [27]. Thus, given the advantages and disadvantages of
different viral vectors, research should continue exploring both lentiviral and non-lentiviral
vectors and analyse what developments and modifications can improve their safety profiles,
gene expression stability and packaging capacities. For example, monitoring technology
for replication-competent viruses and protocols for reducing infectious virus particles can
lower the risk of mutations [104].

CRISPR/Cas9 is a growing gene activation approach that has garnered considerable
attention in reprogramming various somatic cells into iPSCs [105–107]. Recently, CRISPR
was used to endogenously activate gene promoters of the GNT gene, which successfully
reprogrammed fibroblasts into cardiovascular progenitors [108]. This gene editing approach
is a safe alternative as it avoids integrating viral vectors and exogenous expression of
pluripotency factors. Other transgene-free vectors, such as small molecules (DKK3, TLR3
agonists and miRs) and plasmids, are viable alternatives. However, their use is rare, and
their efficiency and safety profiles are still under review [12].
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7.4. Tumorigenicity Risk

No study observed the development of tumours after transplanting the induced cells
into mice over the respective observation periods. While this suggests a low tumorigenicity
risk, the risk is not absent. For example, one study did find that one OSKM-derived induced-
vascular progenitor clone did form a tumour [20]. Hence, sorting and purification methods
must be robust and reliable. Although differentiated cells may pose a lower tumour risk
to progenitors, we must not forget that reprogrammed cells undergo gross metabolic,
chromosomal, genetic and epigenetic alterations. Thus, even if differentiated cells are
transplanted, there is an unknown risk that they harbour abnormalities which adversely
affect cell function or have a preponderance towards cancer formation. For example, a
dysfunctional cell could induce pathogenic changes, such as promoting thrombosis through
overexpression of adhesion molecules. Studies should look for multi-year assessments of
tumorigenicity in longer-living animals (e.g., pigs and sheep) and closer animal relatives to
humans. Furthermore, there is an inherent tumour risk with using pluripotency factors,
notably c-MYC (in OSKM), which has been shown as both dispensable and a facilitator
of lineage-conversion [109,110]. As further research occurs, we may find efficient non-
oncogenic factors for direct cellular reprogramming.

7.5. Recapitulating Disease

There is growing evidence that direct reprogrammed cells and iPSC-derivates may re-
tain disease signatures [111,112]. This finding has both positive and negative consequences.
On the one hand, reprogrammed cells could allow in vitro modelling of patient-specific
diseases and drug responses. Strategies could be employed to identify how different re-
programming approaches may respond depending on the underlying disease process. On
the other hand, we are presented with another significant challenge: how to erase disease
signatures successfully. This research topic will become much more pronounced as direct
reprogramming advances towards clinical application.

7.6. 2D In Vitro Analysis vs. 3D Microenvironments

The studies analysed thus far are based mainly on 2D analysis, which fails to re-
capitulate in vivo 3D microenvironments. Several direct reprogramming studies have
highlighted improved conversion efficacies and cellular maturation with mimics of 3D
microenvironments compared to 2D in vitro studies which may underestimate reprogram-
ming efficiencies [82,113–115]. We have already discussed how TEVGs can act as both
investigative and therapeutic platforms by emulating specific 3D microenvironments to
facilitate reprogramming and cell viability. Another avenue is vascular-on-chip models
(VoCs), which provide a dynamic platform to test physiological and pathogenic processes
on reprogrammed cells. For example, one could assess the endothelial barrier function
of iECs or the haemostatic, immune and inflammatory responses to endothelial injury, as
already exemplified by several groups [116,117]. Cuenca et al. used a VoC model and
observed how the co-culturing of iSMCs and iECs with each other, adding mural cells and
mechanical forces propagated further cell maturation, network self-assembly and stabil-
isation [99]. VoCs also hold potential for experimental analysis on the effect of drugs on
diseased arterial cells and reprogrammed cells in a highly individualised manner whereby
cells and blood can be taken directly from a patient. Such approaches provide holistic
interpretations of reprogrammed cell activity under in vivo settings and are the next logical
step towards clinical application and personalised medicine.

8. Conclusions

Direct reprogramming has resulted in a paradigm shift away from traditional stem
cell reprogramming approaches. By introducing pluripotency factors, lineage-specific
transcription factors, and small molecules, alongside curated culture conditions and medi-
ums, somatic cells have successfully converted into iECs, iSMCs, and iVPCs without a
pluripotent intermediate step. Emerging evidence has collectively shown huge therapeutic
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potentials for these vascular cells directly reprogrammed from other somatic cells (mainly
fibroblasts) (Figure 5). Data from the preclinical studies discussed in this review have
confirmed the potential for significant therapeutic benefits from increased angiogenesis
and reduced ischaemia by directly incorporating reprogrammed cells with endogenous vas-
culature and paracrine modulation. Importantly, the advent of computational processing
for reprogramming factor identification, TEVGs for disease modelling and therapeutics, 3D
platforms such as VoCs, and more sophisticated gene/factor delivery systems will provide
a giant leap in direct reprogramming research. However, several challenges still need to be
addressed, notably the low conversion efficacies, heterogeneity of reprogrammed popula-
tions and the risk of integrating gene delivery systems such as lentiviruses. Further work
should aim to identify effective reprogramming factors and comprehensively elucidate
their underlying molecular pathways. As research continues and the standardisation of
materials, cultures, and protocols becomes widespread, translation to human studies and
clinical application for CVD treatment may appear sooner rather than later.

Figure 5. Spider diagram summarising the potential clinical applications of vascular cells generated
through cellular reprogramming, such as cell therapy for vascular regeneration, tissue-engineered
vascular grafts (TEVGs) for vascular grafting, and vascular on chips (VoCs) for disease modelling
and high-throughput drug screening.
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Abstract: Most of the studies on the finite element analysis (FEA) of biodegradable vascular stents
(BVSs) during the degradation process have limited the accuracy of the simulation results due to
the application of the uniform degradation model. This paper aims to establish an FEA model for
the non-uniform degradation of BVSs by considering factors such as the dynamic changes of the
corrosion properties and material properties of the element, as well as the pitting corrosion and stress
corrosion. The results revealed that adjusting the corrosion rate according to the number of exposed
surfaces of the element and reducing the stress threshold according to the corrosion status accelerates
the degradation time of BVSs by 26% and 25%, respectively, compared with the uniform degradation
model. The addition of the pitting model reduces the service life of the BVSs by up to 12%. The
effective support of the stent to the vessel could reach at least 60% of the treatment effect before the
vessel collapsed. These data indicate that the proposed non-uniform degradation model of BVSs
with multiple factors produces different phenomena compared with the commonly used models and
make the numerical simulation results more consistent with the real degradation scenario.

Keywords: biodegradable vascular stents; continuum damage mechanics; finite element method;
non-uniform degradation

1. Introduction

In-stent restenosis (ISR) is a major problem limiting the treatment effect of percuta-
neous coronary intervention [1]. The biodegradable vascular stent (BVS) is the fourth-
generation endovascular stent capable of promoting effective vascular remodeling and
restoring the elasticity and diastolic–systolic functions of vessels [2]. The BVSs have a
greater potential for avoiding ISR than permanent ones [3–5].

The BVSs function immediately after they are implanted. The degradation of BVSs
involves multiple disciplines such as electrochemistry, metal physics, thermodynamics,
materials science, and mechanics [6,7]. The corrosion mechanism of BVSs includes but is
not limited to uniform corrosion, pitting corrosion, intergranular corrosion, stress corrosion,
and fatigue corrosion [8]. Compared with in vivo and in vitro research, in silico research is
widely used in the preliminary study of medical implant developments because it can fully
capture the degradation behavior of bioabsorbable materials and the advantages of low cost
and time saving [9]. Continuum damage mechanics (CDM) is a common phenomenological
approach used to simulate material corrosion for the above-mentioned mechanisms in the
corrosive environment under the finite element analysis (FEA) framework.

The uniform degradation of BVSs from the global corrosion that occurs at the entire free
surface exposed to a corrosive environment. Uniform corrosion is the most common global
corrosion which was mostly used in early studies to simulate stent degradation. Uniform
corrosion is the overall thinning caused by chemical and electrochemical reactions on the
surface, with an even corrosion rate. The uniform corrosion was simulated using the FEA by
uniformly removing elements from BVSs’ outer surfaces [10]. Further, modifications were
made to the uniform corrosion model by using arbitrary Lagrangian–Eulerian adaptive
meshing [11].
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The non-uniform degradation of BVSs from the local corrosion that occurs at spe-
cific spots on the surface seriously affects the therapeutic effect [12]. BVSs’ mechanical
strength and geometry change during the degradation [13]. The rapid structural weakening
caused by local corrosion may lead to adverse events such as fast restenosis due to vessel
collapse [14,15].

Stress corrosion, the corrosion under the combined action of tensile stress and blood,
is one of the key causes of non-uniform degradation and early failure of BVSs [16]. The
stent may crack perpendicular to the stress direction under the safe load. The residual
stress after the stent implantation and the working stress during service are the driving
stresses of stress corrosion [17]. The CDM method analyzes the stress, strain, and induced
damage process of the stent material from the perspective of continuum mechanics [12].
A CDM-based degradation model coupled the stress corrosion model with the uniform
corrosion adapted from the work of da Costa-Mattos et al. was established [18,19]. The
initial results of the simulations were considered phenomenologically consistent with
experimental observations. This coupled formulation was further studied and completed
in vitro corrosion tests on two BVSs designs and compared results against simulated
predictions for the same designs [20]. The stress corrosion threshold changed dynamically
with the material properties and mechanical properties during degradation. However, this
issue was not considered in previous studies.

Pitting corrosion is local corrosion caused by the surface defects during stent manufac-
turing and the stress concentration during angioplasty [8]. A model by expanding on the
CDM uniform corrosion element removal model through the inclusion of the assignment
and transfer of pitting parameters to capture the effects of pitting corrosion, and results
showed agreement with the tests [10]. A physically based pitting corrosion model was
established to consider the multi-physical process of magnesium stent degradation, includ-
ing the transport of magnesium ions. The gaps between phenomenological and physical
corrosion models of absorbable mental stents could be addressed [21]. However, the influ-
encing factors of pitting corrosion were studied independently in most previous research,
and there is a lack of studies that combine pitting corrosion with uniform corrosion and
stress corrosion.

Mass transfer and flow shear stress due to blood circulation can accelerate corrosion
(including local and global corrosion etc.). Flow shear stress increased the average uniform
corrosion rate, the coverage and depth of local corrosion, and the removal rate of corrosion
products from pits [22]. The effect of blood flow should be considered for BVSs degradation.

The BVSs’ edges and corners are susceptible to corrosion, and one example is that
the corners would be rounded [23,24]. The damaged edges and corners would change
the cross-sectional shape and mechanical properties of the BVSs, which in turn affects the
degradation. In the FEA framework, the elements at the edges and corners have more
surfaces exposed to the corrosive environment. A uniform and stress corrosion model
considering multi-dimensional effects on up to three exposed surfaces was developed and
was applied in degradation simulations of biodegradable magnesium alloy stents [25].
As the number of exposed surfaces changes dynamically during the degradation, more
exposed surfaces should be considered. A multi-dimensional pitting corrosion model
that takes the number of exposed surfaces of the element and the interaction of adjacent
elements into account was established and the proportional link between the corrosion
rate and the number of exposed surfaces was revealed in the results [26]. However, stress
corrosion and the interaction between the stent and the vessel were not considered.

Iron (Fe), magnesium (Mg) and their alloys have been extensively studied as BVS
metals. Both Mg and Fe are essential trace elements in the human body. Mg exhibits excel-
lent biocompatibility, low thrombogenicity, and is critical in many cellular functions [27].
However, the inherently rapid corrosion of Mg in physiological environments is a major
concern [28]. Fe and its alloys possess high radial strength, allowing the use of stents with
substantially thinner struts and thereby reducing the restenosis rate [29]. The degradation
of iron takes too long to be fully degraded over its expected service period and it produces
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a relatively large volume of iron oxide products which might not be safely metabolized in
the body [30,31]. Despite much research that has been completed to tailor the properties
of Mg and Fe through alloying, advanced processing, and manufacturing routes, further
improvements are still needed to identify an ideal stent material [32–34]. In 2013, zinc
(Zn) was introduced as an alternative to Mg and Fe, mainly due to its moderate corrosion
rate in simulated body fluid [29,35]. Potential toxicity and biocompatibility aspects are
important for medical implants [36]. Zinc alloys are biocompatible with acceptable or
zero cytotoxicity [37]. As one of the necessary trace elements for humans, zinc can reduce
the inflammatory reaction after stent implantation and promote the regeneration of the
vascular intima [38]. Therefore, zinc alloys could be used to manufacture BVSs [39].

This paper aims to establish an FEA model for the degradation of zinc alloy stents
by simultaneously considering the combined effects of such factors as the number of
exposed surfaces in the blood flow, the dynamic changes of material properties, and the
addition of pitting corrosion, which may lead to non-uniform degradation. The degradation
process and service performance are explained by the phenomenological description of the
damage to the BVSs. The corrosion feature of this model will be revealed by comparing the
influences of the different factors herein.

2. Materials and Methods

The relationship between the number of exposed surfaces and the corrosion rate was
considered, and the stress corrosion threshold of an element was dynamically adjusted
with the degradation process. Pitting corrosion was combined with uniform corrosion and
stress corrosion. The non-uniform degradation of the BVSs under the combined action of
multiple corrosion factors was simulated by setting the material properties and corrosion
properties for individual elements under the FEA framework. The service performance
and support time of the degradable stent were investigated.

2.1. Stent Degradation Model

Based on the CDM principle, the macroscopic damage and strength weakening effect
of the stent were simulated by establishing a scalar field composed of the damage variable
D of each element. The damage variable D was a gradually cumulative and monotonically
increasing function. The effective stress during the damage process can be calculated with
Equation (1).

σ = σ(1 − D) (1)

where σ is the effective stress, σ is the undamaged stress, and D is the damage variable
which increases monotonously from 0 to 1. Linear attenuation adjustment was made to the
material properties during degradation through D [18]. When D equals 0, the material is
undamaged, while when D approximately equals 1, the material is completely damaged,
and the element is removed from the model.

The occurrence of uniform corrosion is only judged by whether the element is at the
corrosion surface regardless of the stress state of the stent. An electrochemical reaction
of zinc and other metals in the stent with electrolytes in the blood occurs on the initial
corrosion surface. The reaction between corrosion products and the blood further exposes
the zinc alloy to the blood environment, thus updating the corrosion surface. For the
exposed element located on the corrosion surface, the evolution equation of the uniform
corrosion damage parameter DU can be described with Equation (2) [18].

.
DU= dDU =

δU
Le

kUdt (2)

where kU is a kinetic parameter related to the uniform corrosion process, δU is a characteris-
tic dimension of the uniform corrosion process, and Le is the characteristic length of a finite
element. Based on the immersion test in our previous research, the average degradation
rate from 0 to 42 days was 0.188 mm/y, which is very close to the degradation rates of zinc
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alloys with different compositions in other literature [40]. The detailed kinetic parameters
kU and δU of uniform corrosion are obtained from references and listed in Table 1 [17,18].

Table 1. Parameters for the stent degradation model [17–19].

Parameters δU kU δSC S R σth β

Value 0.1 mm 0.05/h 0.07 mm 0.005 mm2
√

h /N 2 66 MPa 0.8

For the elements exposed to the corrosive environment during the degradation, kU
was dynamically adjusted in proportion to the number of surfaces exposed to the corrosive
environment [25], so as to speed up the degradation of the element at the edges and corners
of the stent. Considering the convective–diffusion effect of wall shear stress generated by
blood flow on stent corrosion products, only the corrosion effect of blood on stent was
considered in the current model.

Stress corrosion is relevant to the stress state during the degradation. The stress
corrosion threshold is the stress level at which the material can resist crack extension in the
corrosive environment. The occurrence of stress corrosion was judged by comparing the
equivalent stress σ∗

eq with the stress corrosion threshold σth. The maximum principal stress
of the element was chosen as the σ∗eq in this study. The evolution equation of the element’s
stress corrosion damage parameter DSC is described with Equations (3) and (4) [18].

If σ∗
eq < σth:

.
DSC = 0, (3)

if σ∗
eq ≥ σth > 0:

.
DSC= dDSC =

Le

δSC

(
Sσ∗

eq

1 − DSC

)R

dt, (4)

where δSC is a characteristic dimension of the stress corrosion process, S and R are the
functions of the corrosive environment related to the kinetics of stress corrosion. Based on
the da Costa-Mattos’ research [19], S and R are constants due to the constant pH in human’s
corrosive environment. σth is closely related to the combination of material composition,
metallurgical conditions, and corrosive environment, and usually ranges from 30% of the
yield stress to 90% of the ultimate tensile stress [41]. The stress corrosion threshold was set
to 30% of the yield stress σs of zinc alloy to ensure safety due to a lack of research on such
materials at present. The details of these parameters are listed in Table 1.

The material properties including Young’s modulus and yield stress of the BVSs
change with the corrosion [6]. Considering the complexity of corrosion products and
uncertainty in stress corrosion experiments, the σs was dynamically adjusted by D during
degradation to objectively describe the constitutive relationship of the material based on
the work of our previous study [17].

As random local corrosion, a pitting corrosion parameter λe was randomly assigned
to the element. The evolution equation of the pitting damage parameter DP was described
with Equation (5) [10]. The pitting corrosion parameter was transferred to its adjacent
elements when an element was removed from the model as shown in Equation (6).

.
DP= dDP =

δU
Le

λekUdt, (5)

λe= βλn, (6)

where λn is the pitting parameter of the removed element and β is a dimensionless parame-
ter that controls the acceleration of pit growth [10]. Then the growing of pitting pits was
described. The details of these parameters are listed in Table 1.

The above three types of corrosion occur independently. A linear superposition of
different scalar fields from different degradation processes was assumed [18]. The total
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damage variable D was the linear algebraic sum of each corrosion damage parameter as
shown in Equation (7).

D = DU+DSC+DP. (7)

Further, a dynamic degradation model considering uniform corrosion, stress corrosion,
and pitting corrosion was established (Figure 1). The characteristic length Le of the elements
was introduced in the evolution process of the above three corrosion mechanisms so that
the damage variable D could reflect the damage “per unit element”. The influence of the
mesh size on the accuracy of the stent degradation model could be avoided to ensure the
spatial synchronization between the model and the actual degradation.

Figure 1. Calculation of damage variables and update of material properties for individual elements.

2.2. Geometry Model

The FEA model was composed of an artery, two sets of the eight-corolla stents, and a
balloon (Figure 2a). The stent has a thickness of 0.25 mm with its structs, and the artery
has an inner diameter of 4.6 mm and a thickness of 1 mm [17]. The artery length was
chosen according to three ring lengths to keep a similar artery/ring length ratio of about
1.5 [17]. The balloon has a length of 12 mm and a diameter of 3mm. No stenosis was
added to the vessel as this research only focused on stent degradation. Using the Bottom-
Up meshing technique, the quadrilateral mesh was divided on the inner surface of the
stent, and properly densified the mesh in the corolla; then the stent thickness was offset
externally (Figure 2b). The stent meshed with 68,016 nodes and 47,360 C3D8R elements
with a characteristic length of 50 μm based on the mesh convergence study.
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Figure 2. (a) The finite element model of the artery, stent, and balloon; (b) the mesh of the stent with
an enlarged view of the stent strut; (c) the initial corrosion surface of the stent; (d) the residual stress
of the stent after deployment.

The stent was modeled as a homogeneous, isotropic, and elastoplastic material. The
material properties of the zinc alloy used in this study were measured by a tensile test [18].
The value of 74,300 MPa as Young’s modulus of the undamaged zinc alloy was obtained
by tests and the value of 300 MPa was assigned for the completely damaged zinc alloy
and linearly decayed over this range by D during degradation (Table 2). The balloon was
modeled as a cylindrical membrane with a thickness of 0.02 mm. The vessel was modeled
as an incompressible material described by a third-order Ogden isotropic hyperelastic
material model to simulate its highly nonlinear mechanical [42].

Table 2. Material properties [17].

Part Density (g/cm3) Young’s Modulus (MPa) Poisson’s Ratio Yield Stress (MPa)

Stent 8.5 74,300 (Max)~300 (Min) 0.3 220
Artery 1.12 - - -
Balloon 1.256 920 0.4 -

2.3. Transfer of Corrosive Properties

All three types of the above-mentioned corrosion only occur on the stent surface in
contact with the corrosive environment for alloy-based BVSs. The corrosion surface is
continuously updated with the degradation. The element on the corrosion surface has its
own corrosion properties, including the exposure property of whether it is in direct contact
with the corrosive environment, the number of exposed surfaces, and the pitting corrosion
parameter. The corrosion properties will be transferred to the adjacent elements after a
complete corrosion element is removed.

The definite location between elements facilitates the identification of corrosion surface
and the update of exposure-related corrosion properties of the elements during degradation.
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The removal of an exposed element only changes the corrosion properties of its face-adjacent
elements. The transfer of corrosion properties includes updating the exposure property and
increasing the number of exposed surfaces for the face-adjacent elements of the removed
element and passing the pitting parameters to them.

The serial number of the element and corresponding node information was obtained
after meshing, and the adjacent relationship between elements was obtained by calculating
the number of shared nodes through the program. For the C3D8R element used in this
research, the element located inside ha six face-adjacent elements, otherwise, it is on the
surface. The initial corrosion surface of the stent was set as the elements in contact with
blood by identifying the contact pairs between the stent and the vessel after implantation
and excluding the surface elements only in contact with the vessel wall (Figure 2c). Then
the number of exposed surfaces for the elements located on the initial corrosion surface was
counted, and pitting corrosion parameters were assigned by using the Weibull random-
number generator. Initial corrosion properties of the elements and adjacent relationships
between elements were saved in external files.

2.4. Finite Element Analysis

The finite element analysis was divided into two parts: stent deployment and stent
degradation. Firstly, the stent deployment was simulated by expanding the stent to
1.1 times the diameter of the vessel by applying displacement to the inner surface of the
balloon (Figure 2a). The process was achieved by finite element analysis of the structural
mechanics of the stent-vessel model with the Abaqus 6.14/Explicit solver (DS-SIMULIA,
Providence, RI, USA) due to its superior contact enforcement method. The balloon was
removed from the artery after stent deployment. The residual stress of the stent after de-
ployment acted as the initial stress driving stent degradation (Figure 2d). The corrosion at
this stage could be ignored as the stent deployment is short compared to the degeneration
process. The general contact was set between each part, the coefficient of friction was
assumed to be 0.2 for the tangential contract, and the normal contact was set as the default
“hard” contact [10]. The constraint at axial and circumferential was applied at both ends
of the artery to simulate the pull of the surrounding artery. The average ratio of kinetic
energy to internal energy was maintained below 5% to minimize the effects of dynamics
and ensure that the analysis process is quasi-static.

The continuous damage evolution process of zinc alloys was simulated by using
Abaqus/Explicit solver and two user-defined subroutines of VEXTERNALDB and VUSD-
FLD. VEXTERNALDB was used for reading and writing external files in Explicit analysis.
The damage variable functions at each integration point of the element in the stent model
were defined in the degradation process, and these functions were calculated by VUSDFLD.
Corrosion properties of the removed elements in the increment were transferred according
to the adjacent relationship of the elements while returned at the end of each increment
(Figure 3).
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Figure 3. The stent’s degradation was achieved through VUSDFLD and VEXTERNALDB subroutines
in ABAQUS/Explicit.

The remained volume of the stent decreased as the element was gradually removed
during the degradation. The corresponding time and the volume of the removed elements
were the outputs in this process. The volume of the removed element was recorded as the
cube of the characteristic length Le. The mass loss during stent degradation is shown in
Equation (8).

mass loss =
∑ ρ·Le

3

initial mass of the stent
× 100%, (8)

The supporting performance is an important indicator for evaluating the service
performance of degradable stents. It expresses effective support time and loss of mechanical
strength of the stent. The vessel recoil during degradation is described in Equation (9).

vessel recoil =
vessel diameter during degradation − vessel diameter before stent development

vessel diameter after stent development − vessel diameter before stent development
× 100%, (9)

The following five circumstances were simulated: (I) Case U: uniform corrosion, with
constant corrosion rate; (II) Case Usurf: uniform corrosion, with the corrosion rate adjusted
according to the number of exposed surfaces; (III) Case UsurfSC: add stress corrosion based
on Case Usurf, with constant stress corrosion threshold; (IV) Case UsurfSCth: add stress
corrosion based on Case Usurf, with dynamic change of stress corrosion threshold according
to the corroded status; (V) Case UsurfSCthP: add pitting corrosion based on Case UsurfSCth.
Six simulations on different pitting corrosion distribution locations were conducted to
eliminate the randomness of pitting corrosion.

3. Results

3.1. Effects of the Number of Exposed Surfaces on Stent Degradation

In Case U (Figure 4a), the damage variables were nearly identical for all exposed
elements, and thus the stent struts became thinner due to the simultaneous removal of the
elements on the corrosion surface of the stents. In Case Usurf (Figure 4b), the elements at
the edges of the stent degraded first as their damage variables were greater than others
due to the two surfaces being exposed to the corrosive environment. Subsequently, the
number of exposed surfaces of its face-adjacent element increased, and the degradation
accelerated with the increase in the rate of damage variable accumulation. The originally
square cross-section first became round and further became thinner.
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Figure 4. Changes in the cross-section of struts during degradation. Each view is shown for the
normalized time unit. (a) Case U; (b) Case Usurf.

It can be observed in the mass loss curve that the the dynamic change of the corrosion
rate with the number of exposed surfaces accelerated the time to complete degradation of
the stent by 25% (Figure 5). The “stair” caused by the simultaneous removal of elements
on the corrosion surface can be observed in the mass loss curve of Case U. Elements with
approximately the characteristic length accumulated the same damage and were removed
from the model simultaneously due to the consistent corrosion rate. The corrosion surface
area of the stent became smaller with the degradation, and the height of the “stair” in the
curve became lower. The mass loss curve of Case Usurf showed a gradual increase without
the obvious mutation in Case U.

Figure 5. Mass loss of Case U and Case Usurf during stent degradation.

3.2. Effects of Dynamic Changes of Stress Corrosion Threshold on Stent Degradation

As local corrosion, stress corrosion occurs in a small area but can greatly impact the
structure. Comparing the simulation results of Case UsurfSCth and UsurfSC, it can be found
that Case UsurfSCth mainly showed the fracture at the corolla of the stent (Figure 6a), and
Case UsurfSC mainly showed the uniform thinning of the struts (Figure 6b). The degradation
of stents in both cases first occurred in the high tensile stress area inside the corolla, and
the struts gradually became thinner under the dominant effect of uniform corrosion in
the subsequent degradation. The struts of Case UsurfSC were thinner than those of Case
UsurfSCth when the stent fractured.
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Figure 6. The degradation form of the stent until fracture. Each view is shown for the normalized
time unit. (a) Case UsurfSCth; (b) Case UsurfSC.

In Case UsurfSCth and UsurfSC, the removed elements under the dominant action of
stress corrosion were mainly distributed in the high tensile stress area at the corolla of
the stent, while those under the dominant action of uniform corrosion were in various
areas of the stent (Figure 7). Figure 7a shows that more elements were removed under
the dominant effect of stress corrosion as the dynamic reduction in the stress corrosion
threshold made the element subject to stress corrosion due to the tensile stress reaching the
threshold. The dynamic change of stress corrosion threshold accelerated the degradation of
the high tensile stress area and thus sped up the stent fracture.

Figure 7. The location of the removed elements and the dominant factors leading to degradation.
(a) Case UsurfSCth; (b) Case UsurfSC.

In mass loss curves (Figure 8), the tendency of Case UsurfSCth and UsurfSC were roughly
the same, while the stent fracture in Case UsurfSCth was earlier than that in Case UsurfSC.
The mass loss of the stent increased slowly in the early stage of degradation, and the change
was more obvious in the later stage. The mass loss curve showed noticeable changes
when the element on the edges or other elements on the corrosion surface were removed
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simultaneously. The mass loss of Case UsurfSCth and UsurfSC were about 65% and 83%,
respectively, when the stent fractured. The dynamic reduction in the stress threshold could
accelerate the time of stent degradation by 26% and reduce mass loss by 22% when the
stent fractured.

Figure 8. Mass loss of Case UsurfSCth and Case UsurfSC during stent degradation.

3.3. Effects of the Addition of Pitting Corrosion on Stent Degradation

Pits caused by pitting corrosion can be seen during the degradation and would develop
further over time. The addition of the pitting corrosion model accelerated the degradation.
Especially when the pitting corrosion occurs at critical locations of the corolla, the local
fracture would be obviously accelerated (Figure 9).

Figure 9. The degradation form of the stent until fracture of Case UsurfSCthP when the pitting
corrosion occurs at critical locations of the corolla. Each view is shown for the normalized time unit.

In six different sets of simulations, the mass loss curves remained almost consistent de-
spite some differences in the degradation due to the pitting corrosion parameters assigned
to the surface elements being the same with different locations (Figure 10a). Compared
to the model without pitting corrosion, the degradation was accelerated to a certain ex-
tent regardless of the locations of pitting corrosion, and the time of stent fracture was in
t* = 0.58~0.64.

Figure 10. Cont.
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Figure 10. (a) Mass loss of Case UsurfSCthP and Case UsurfSCth during degradation; (b) vessel recoil
due to loss of mechanical strength of stents during degradation.

In the initial stage of stent degradation, there was a stable effective support time
when the vessel diameter hardly changed (Figure 10b). After t* = 0.3, the diameter of the
vessel began to change significantly from the increase in stent mass loss after the struts
become thinner. It is still considered that the stent could provide effective support for the
vessel in this stage. There would be a sudden loss of support at a certain moment around
t* = 0.52~0.57, and the vessel would collapse before the stent fracture. No matter how the
pitting corrosion is distributed, the supporting performance and support time were reduced
compared to Case UsurfSCth. The supporting time was reduced by up to 12% when pitting
corrosion was located in the critical location of the stent. Before the vessel collapse, the
stent could provide effective support for the vessel with the diameter difference reaching
more than 60% before and after stent implantation.

4. Discussion

In this study, an FEA model based on the CDM principle was established to describe
the degradation process and service performance of the BVSs by the phenomenological
description of the damage. We made several improvements to the degradation model by
considering the combined effect of multiple corrosion factors to explore a more realistic
non-uniform degradation process.

The corrosion rate of the element was dynamically adjusted according to the number
of surfaces of the element exposed to the corrosive environment during degradation.
The results indicated that the elements with more exposed surfaces at the edges of the
stent degraded first, and the cross-section of the stent gradually became round from
square (Figure 4). It also smoothened the edges and corners that emerged during the
degradation. This phenomenon is consistent with the work of Grogan et al. [43]. The
proposed model can successfully capture the accelerated degradation of elements at the
edges and corners of the stent under multi-dimensional attack [25]. The relationship
between multi-dimension corrosions and mechanical property is reflected in this model.
The multi-dimension corrosions increased the corrosion rates, and then reduced mechanical
strength. During degradation, the number of exposed surfaces changed dynamically,
especially the elements in corroded areas with poor mechanical integrity have more exposed
surfaces and are more vulnerable to corrosion attack. Adjusting a higher corrosion rate for
elements with more exposed surfaces, i.e., those at the edges and corners, helps to make
the simulated degradation more realistic [44,45].

Stress corrosion plays a vital role in the degradation process [12]. The structure
may fail under the safe load due to the mutual promotion of electrochemical corrosion in
the corrosive environment and the mechanical damage under stress. Stress corrosion is
the dominant factor affecting element removal at the beginning of the degradation. The
elements subject to stress corrosion are mainly concentrated in the high tensile stress area
at the corolla (Figure 7). These areas are critical in affecting the supporting performance,
despite its small area on the stent. As mentioned in work by Li et al. [46], the stress

228



J. Funct. Biomater. 2022, 13, 152

corrosion threshold affected the corrosion rate, and thus stress threshold was an essential
parameter for the degradation process. It is necessary to consider the stress threshold in
more detail, such as the dynamic changes with the degradation progress. The dynamic
adjustment of the stress threshold changes the degradation morphology and accelerates
the degradation of the stent. This work might be helpful for studying the problem of
non-uniform degradation and early failure after stent implantation [16].

In this research, the ratio of pitting corrosion to uniform corrosion was controlled
by limiting the range of pitting corrosion parameters [13]. As a kind of local corrosion,
pitting corrosion is mainly affected by the defect location during stent production and
implantation. The above two factors can be controlled in the current production process;
thus, pitting corrosion will not become the dominant factor for the degradation. This
work confirmed that the pitting corrosion occurs independently during degradation and
is unaffected by either the stress state or the material composition [43]. However, pitting
corrosion plays a significant role in accelerating the local fracture of the stent compared
with critical locations without pitting corrosion (Figure 9). Pitting corrosion in high-stress
regions changes the shape of the stent, and the resulting stress concentration accelerates the
development of stress corrosion. Therefore, it is necessary to consider the pitting corrosion
effect in the degradation of the BVSs.

Stent degradation is a complex process in which many factors interact with each other.
As consistent with previous work [44], the material properties of the stents are continuously
weakened, and the geometry of the struts is gradually changed with the degradation. The
mechanical strength of the stent decreases gradually with the decrease in the remaining
volume (Figure 10b). Most of the mass loss of the stent comes from uniform corrosion,
while the local stress corrosion and pitting corrosion plays a more critical role in the service
life of the stent. As can be seen, the stent degrades rapidly after a stable support time [25].
The stents would suddenly lose support to the vessel and lead the vessel to collapse at one
moment in the degradation process. However, we found that this moment precedes when
the stent loses its mechanical integrity. Therefore, the effective support time of the BVSs
should adapt to the vascular remodeling time to prevent adverse events such as the sudden
collapse of the vessel.

Some limitations might exist in this study. Only blood was considered as the corrosive
environment in this paper, while the vessel wall is also one. The corrosion rate of the
elements only in contact with the vessel wall was temporarily set to be 0 due to the
lack of the corrosion rate in the corrosive environment of the vessel wall, which is lower
in the absence of blood flow [22]. Both corrosive environments will be considered in
future work, and the corrosion rate needs to be differentiated. Especially for locations
with stent malapposition, the stent is separated from the vessel wall and suspended in
the blood. The outer surface of the struts is completely exposed to the blood, which
might be more likely to fracture than the case where the stent is in contact with the vessel
wall. This method might be helpful for exploring the degradation and fracture of the
BVSs with malapposition. We will calibrate the model by experiments in future work to
obtain the degradation morphology in more detail and predict the service time of the stent
more accurately.

5. Conclusions

In this paper, a BVS non-uniform degradation model was established considering the
combined action of multiple factors. The results demonstrated that both the increase in the
number of exposed surfaces of the element and the change in the stress corrosion threshold
expedited BVSs’ degradation process compared with the uniform degradation model. In
particular, the addition of the pitting corrosion model significantly affected the service life of
BVSs. The analysis proved that the stent could effectively support for the vessel by reaching
more than 60% treatment effect during service. The phenomena of the numerical simulation
results with the proposed model were more consistent with the real degradation scenario
than the commonly used models. The corrosion rate was adjusted based on hemodynamic
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results that will be considered in future work to optimize the present model, especially in
the case of stent malapposition. This work might provide a numerical simulation method
and scientific basis for performance evaluation, the optimization of structural design, and
the development of other alloys for BVSs.
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Abstract: Background and Objective: Ventricular septal defects (VSDs) are the most common form
of congenital heart defects. The incidence of VSD accounts for 40% of all congenital heart defects
(CHDs). With the development of interventional therapy technology, transcatheter VSD closure was
introduced as an alternative to open heart surgery. Clinical trials of VSD occluders have yielded
promising results, and with the development of new material technologies, biodegradable materials
have been introduced into the application of occluders. At present, the research on the mechanical
properties of occluders is focused on experimental and clinical trials, and numerical simulation
is still a considerable challenge due to the braided nature of the VSD occluder. Finite element
analysis (FEA) has proven to be a valid and efficient method to virtually investigate and optimize
the mechanical behavior of minimally invasive devices. The objective of this study is to explore
the axial resistive performance through experimental and computational testing, and to present the
systematic evaluation of the effect of various material and braid parameters by FEA. Methods: In
this study, an experimental test was used to investigate the axial resistive force (ARF) of VSD Nitinol
occluders under axial displacement loading (ADL), then the corresponding numerical simulation
was developed and compared with the experimental results to verify the effectiveness. Based on the
above validation, numerical simulations of VSD occluders with different materials (polydioxanone
(PDO) and Nitinol with different austenite moduli) and braid parameters (wire density, wire diameter,
and angle between left and right discs) provided a clear presentation of mechanical behaviors that
included the maximal axial resistive force (MARF), maximal axial displacement (MAD) and initial
axial stiffness (IAS), the stress distribution and the maximum principal strain distribution of the
device under ADL. Results: The results showed that: (1) In the experimental testing, the axial resistive
force (ARF) of the tested occluder, caused by axial displacement loading (ADL), was recorded and it
increased linearly from 0 to 4.91 N before reducing. Subsequent computational testing showed that
a similar performance in the ARF was experienced, albeit that the peak value of ARF was smaller.
(2) The investigated design parameters of wire density, wire diameter and the angle between the left
and right discs demonstrated an effective improvement (7.59%, 9.48%, 1.28%, respectively, for MARF,
and 1.28%, 1.80%, 3.07%, respectively, for IAS) for the mechanical performance for Nitinol occluders.
(3) The most influencing factor was the material; the performance rose by 30% as the Nitinol austenite
modulus (EA) increased by 10,000 MPa. The performance of Nitinol was better than that of PDO for
certain wire diameters, and the performance improved more obviously (1.80% for Nitinol and 0.64%
for PDO in IAS, 9.48% for Nitinol and 2.00% for PDO in MARF) with the increase in wire diameter.
(4) For all of the models, the maximum stresses under ADL were distributed at the edge of the disc
on the loaded side of the occluders. Conclusions: The experimental testing presented in the study
showed that the mechanical performance of the Nitinol occluder and the MARF prove that it has
sufficient ability to resist falling out from its intended placement. This study also represents the first
experimentally validated computational model of braided occluders, and provides a perception of
the influence of geometrical and material parameters in these systems. The results could further
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provide meaningful suggestions for the design of biodegradable VSD closure devices and to realize a
series of applications for biodegradable materials in VSD.

Keywords: nitinol; polydioxanone; self-expanding occluder; braided wire occluder; finite element
analysis (FEA); mechanical performance

1. Introduction

Congenital heart defects (CHD) refer to the general structural abnormality of the
heart or thoracic great vessels at birth, with an incidence of 4–50 per 1000 live births [1].
Ventricular septal defect (VSD) is the most common CHD and accounts for about 40%
of all CHDs [2]. It occurs in isolation or in combination with other structural defects.
Nowadays, with the development of interventional therapy for CHD, the implantation
of occlusion devices has become a widely accepted and highly-effective treatment for
occluding abnormal blood/thrombus flow within the heart. It is less invasive, avoids
extracorporeal circulatory support and surgical scars, and offers a faster recovery [3].

Due to their great applicability, a large variety of closure device designs exist on the
market employing different types of materials, different geometries, and deployment mech-
anisms. Currently, the most commonly used clinical interventions are nickel–titanium alloy
occluders. Although they have shown good near- to mid-term efficacy, the occurrence of
complications is still not considered to be negligible, and there are potential disadvantages
and safety risks for metal blockers to remain in the body permanently. The ideal occluder
should be biodegradable, and the degradation products should be non-toxic, harmless, and
fully absorbed. Polydioxanone (PDO) is a biodegradable polymer which can be completely
absorbed in about 6 months, with the degradation products mainly being excreted through
urine, and the rest discharged by digestion or as carbon dioxide [4]. PDO has demonstrated
in potential applications such as intragastric stents and drug delivery systems [5,6].

The existing work usually evaluates the effectiveness of the mechanical properties
of the closure devices through experiments and clinical experience, resulting in a long
research and development cycle, high cost, and lack of predictability. Based on experimental
rest, Thepphithak et al. [7] evaluated the transformation and mechanical behavior of the
nitinol atrial septal defect (ASD) occluder through differential scanning calorimetry (DSC)
measurements and pull tests; Wu et al. [8] performed the axial compress in vitro tests of the
fully absorbable occluders. And through animal experiments, Huang et al. [9] performed
percutaneous transcatheter closure of interventional created VSDs in 16 dogs with the
occluders, and obtained gross pathology and histopathology at 6, 12, and 24 weeks of
follow-up. Some scholars have validated the application of VSD through clinical experience,
such as Tzikas et al. [10], who reported on 19 patients who underwent transcatheter
perimembranous ventricular septal defect (PMVSD) closure using a second-generation
occluder device, and suggested that the procedure was feasible, safe, and effective. Lee
et al. [11] put forward that transcatheter closure of PMVSD with the Amplatzer ductal
occlude (ADO) was a safe and promising treatment option, but long-term follow-up in a
large number of patients would be warranted.

Numerical simulation represents a powerful support tool providing engineers and
clinicians with more detailed information about the effects on the overall biomechanical
properties of the material and design parameters of VSD closure devices. Nevertheless,
few works focusing on numerical modeling of VSD occlusion devices have been presented;
only Li et al. [12] has so far carried out radial compression and axial bending finite element
analysis of ventricular septal defect occluders. Nonetheless, only the waist of the device is
modeled in a braided structure, while the two discs were simplified into an entity. This
work is intended to establish a complete braided numerical model of VSD occluders, and
based on the experimental verification of the manufacturer’s product, to provide a reference
for subsequent numerical research.
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The stability test is required for occluders to ensure that they remain in place with-
out defect, in accordance with the pharmaceutical industry standards. Also, due to the
insufficient mechanical properties of the degradable material, there is a possible problem of
insufficient clamping force when the material is changed to a biodegradable material. In
this study, the VSD closure device developed by Shanghai Shape Memory Alloy Company
was taken as a prototype, which consists of interlaced wires that slide and rotate during
deformation. The stability tests were performed as required to investigate the mechanical
properties of a commercially available occluder under axial displacement loading (ADL).
An accurate finite element model was developed and used to perform computational
tests to systematically compare and evaluate the effects on stability of the wire material
properties and braid parameters, including the degradability of materials, wire density,
wire diameter, and the angle between the left and right discs.

This computational modeling would help to determine the relevant material and
design parameters of wire-braided VSD occlusion devices by simulating a wide range of
occlusion device configurations. It would further provide references to optimize the VSD
occlusion device design. This method could also be further extended to numerical studies
of biodegradable occlusion devices and atrial septal occluders.

2. Materials and Methods

2.1. Geometry of Commercial VSD Occluder and Modeling

A commercially available occluder (Shanghai Shape Memory Alloy Company, Shang-
hai, China) for the closure of ventricular septal defects (VSD) was selected as the basic
design as shown in Figure 1a, which consists of interlaced wires that slide and rotate as they
deform. It is a self-expanding and self-centering occlusion device, prepared by weaving and
thermoforming technology using 72 nitinol monofilaments with a diameter of 0.11 mm [13].
The most important part of the occluder device is the double-disc structure, the left and
right circular discs, which are linked together by a short connecting waist, as shown in
Figure 1b [14].

 

Figure 1. (a) VSD occluder product, (b) device specification, and (c) Numerical 3D model of VSD occluder.

234



J. Funct. Biomater. 2022, 13, 182

The 3D geometric model was established and imported into ABAQUS2021 software.
The complete numerical 3D geometry of the braided occluder was established as shown in
Figure 1c. General contact was applied between the wires, with a friction coefficient of 0.25,
so that wire-to-wire contact and cross-slip are implemented [15].

2.2. Experimental Testing

A ventricular septal defect is a birth defect of the heart in which there is a hole in
the wall (septum) that separates the two lower chambers (ventricles) of the heart. The
occluders are used to plug a hole that is not meant to be present. The device is delivered
percutaneously to the hole (the defected site of the heart) in the sheath, and it is then
allowed to self-expand to its original double-disc shape when the sheath is removed [16].
After the device is placed properly, the discs of the occluder clamp the VSD, while the
waist of the occluder supports the VSD hole. Ideally, the structure of the device will ensure
its effective self-placement without falling out, which ensures the stability of the device.
However, it is necessary to convincingly prove the effectiveness of the device clamping
feature, since fall-out of the occluder would be life-threatening for the patient. Therefore,
we designed an experimental test: the occluder was put into the silica model (Figure 2a,b),
which was used to simulate the defect, and was then fixed to the test machine, as shown
in Figure 2c. After finishing the assembly setup, the loading rod was displaced to make
sure it pushed down slowly until the occluder fell out from the silica model (Figure 2d).
The value of the axial displacement (AD) and axial resistive force (ARF) of the control rod
was recorded.

 

Figure 2. (a) Silica defect model, (b) silica model blocked by occluder, (c) clamp to fix silica model
and (d) the loading rod to apply axial loading.

2.3. Computational Testing

FEA is a lower-cost method to not only replicate experiments but to also carry out
repeated tests, finding the most vulnerable point in the model, and optimizing it [17]. A
computational framework based on the experimental testing was developed to predict the
mechanical performance of wire braid occluders and to explore the role of geometric and
material properties on device mechanics. The computational framework was compared
and validated by experimental axial testing. A systematic evaluation of the effect of wire
braid parameters (e.g., wire density, wire diameter and the angle between left and right
discs) and wire materials (Nitinol material properties and biodegradable PDO material) on
axial loading response of these devices is presented.

2.3.1. Material Properties

The device is constructed from self-expanding Nitinol mesh, due to its remarkable
super-elasticity and shape memory, as well its good biocompatibility and corrosion resis-
tance [18]. The Nitinol occluder is easily crimped at low temperatures and reverts back to
its original profile after being released from the sheath at the body temperature [19]. In
this study, the Nitinol material was modeled in ABAQUS with a user material subroutine
interface (UMAT) [20]. The material properties of this model are shown in Table 1.
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Table 1. Nitinol material properties.

Symbol Parameter Value

EA Austenite elasticity (MPa) 46,728
vA Austenite Poisson’s ratio 0.33
EM Martensite elasticity 25,199
vM Martemosite Poisson’s radio 0.33
εL Transformation strain 0.0426

(δσ/δT)L (δσ/δT) loading 4.5
σS

L Start of transformation loading 358.2
σE

L End of transformation loading 437.8
T0 Reference temperature 0

(δσ/δT)U (δσ/δT) unloading 4.5
σS

U Start of transformation unloading 124.5
σE

U End of transformation unloading 17.75

σS
CL

Start of transformation stress during loading in
compression, as a positive value 537.3

εL
V Volumetric transformation strain 0.0426

The PDO used in the study had a linear elastic behavior in tension, with a Young’s
modulus of 1200 MPa and a tensile strength of 326 MPa in the longitudinal direction. For
the simulation, the Poisson ratio was set to 0.35.

2.3.2. Boundary and Loading Conditions

All of the FEA processes were undertaken in ABAQUS. The assembly is shown in
Figure 3. Besides the occluder, the geometry of the defect and the loading rod were also
modeled, which were simplified as rigid bodies controlled by reference points (RP). The
translations and rotations of the defective part were limited in all directions. The same
limitation was imposed on the loading rod part except for in the Y-axis direction, which
applied a displacement as shown in Figure 3a. All the parts had meshed as presented
in Figure 3b. The braided occluders were meshed with the 2-nodes linear Timoshenko
beam elements (B31), and the defect, as well as loading rod, were both meshed with the
4-nodes 3-D bilinear rigid quadrilateral elements (R3D4). There were 21,886 elements in the
occluders, 1513 elements in the defect and 175 elements in the loading rod. Because of the
high nonlinearity, a quasi-static analysis was performed by a dynamic explicit algorithm.
The quasi-static is guaranteed by making sure that the kinetic energy was less than 5% of
the internal strain energy [21].

Figure 3. (a) Boundary condition and loading, and (b) assembly mesh.
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3. Model Validation

As shown in Figure 4a, both the computational testing and experimental testing
predicted similar axial resistive force (ARF) trends for braided occluders under axial
displacement loading (ADL). Both test results showed ARF increased firstly (from 0 to
4.91 N in experimental testing and from 0 to 4.21 N in computational testing) and decreased
later when applying displacement loading. Although the maximum value (14.02% lower)
and inflection point (15.6% lower) of the computational testing data are underpredicted,
which is a common feature in such models [22], the trend of ARF showed a good agreement
with experimental testing, especially in the increasing and stable stage (AD is from 1 to
6 mm of computational testing), and these two stages were the stages we cared most about
in this study.

Figure 4. (a) Comparison of experimental and computational testing data for devices under ADL.
(b) Device deformation at t1 and t2. (c) The deformation process on the loading discs of the occluder
in different displacement loading.
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For the comparison of stability characteristics of the device, the initial axial stiffness
(IAS) of the occluders at t1 in the increasing stage, as well as the maximal axial resistive
force (MARF) and the maximal axial displacement (MAD) at t2 in the stable stage is as
shown in Figure 4a. The value of IAS, MARF, and MAD in experimental testing were
0.66 N/mm, 4.91 N, and 7.03 mm, respectively, whereas in the computational testing,
they were 0.74 N/mm (overpredicted 12%), 4.21 N (underpredicted 14%) and 5.93 mm
(underpredicted 15%), respectively. This error can be partially explained by the complicated
deformations of the braided device, where there are substantial self-contacts. Nonetheless,
the computational testing method is acceptable to predict the axial response for devices
with different parameters.

Figure 4b showed that in moment t1, the occluder clamped the margin of VSD to resist
axial loading by deformation until it came to the threshold at moment t2, where the device
could barely clamp thereafter. The deformation process is presented in Figure 4c. As the
axial loading was applied, the loading disc of the device underwent visible bending and
stretching, resulting in transforming the device into concave shape. Moreover, the waist
part was elongated and accompanied by a change in the pitch angles.

4. Parameter Study

4.1. Occluder System Parameter

A systematic evaluation of the effect of geometric and material properties on the
functional performance of occluders under the axial loading conditions was carried out
by the computational testing method. The commercial wire braid occluder was chosen
to be the baseline device geometry with 72 wires of 0.11 mm diameter and an angle of
0◦ between the left and right disc (two discs parallel to each other). The influence of the
Nitinol austenite modulus, wire density, wire diameter, and the angle between the left and
right discs were evaluated in wire braid occluders, according to the values shown in Table 2.
The model of the occluders with various wire densities (n) and various angles between the
left and right discs (α) are presented in Figure 5.

Figure 5. The model with various wire densities (a) and various angles between left and right
discs (b).
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Table 2. The baseline parameter properties for a braided occluder and parameter variations.

Wire Parameter Baseline Variations

Nitinol austenite modulus (EA) 46,728 30,000; 40,000; 60,000 MPa
Wire density (n) 72 20; 40; 60 wires

Wire diameter (d) 0.11 0.07; 0.09; 0.13 mm
Angle between left and right discs (α) 0 10; 20; 30 ◦

4.2. The Results

The effect of key parameters on the axial performance of wire braid occluders is shown
in Figure 6.

Figure 6. Plots demonstrate the effects of (a) Nitinol austenite elastic modulus, (b) wire density,
(c) wire diameter with PDO and Nitinol, and (d) angle between left and right discs on MARF, MAD
and IAS.

The results showed that increasing the austenite elastic modulus of Nitinol causes an
obvious increase in IAS, MARF, and MAD of the device (increased by 30%, 30%, and 20%,
respectively, with every 10,000 MPa increasement), as shown in Figure 6a. It can be seen in
Figure 6b that the effects of wire density on the performance cannot be disregarded, as for
MARF with a 7.59% linear increase, for IAS with a nonlinear increase of about 1.28% more
or less.

The most significant parameter was wire diameter. Figure 6c shows the effects of
different wire diameters with PDO and Nitinol materials on the MARF, MAD, and IAS.
With the increase in the diameter of the braided wires, the mechanical properties of the
occluders made up of both Nitinol and PDO materials had similar trends. The IAS and
MARF increased linearly by 1.80% (Nitinol), 0.64% (PDO) and 9.48% (Nitinol), 2.00%
(PDO), respectively. The increasing trend in mechanical properties for the PDO material
was obviously weaker than that for Nitinol. The performance of the PDO occluders was
over 60% lower in IAS and 70% lower in MARF than that of the Nitinol occluders. For
a given wire diameter occluder, the mechanical properties of Nitinol were also weaker
compared to PDO. The wire diameter of the occluder was 0.07 mm, the IAS of the Nitinol
occluder was 0.019 N/mm and that of the PDO was 0.013 N/mm (reduced by 31%). When
the wire diameter was 0.09 and 0.11 mm, the difference in IAS was more obvious, which
decreased by more than 60%. The MARF of the PDO was also significantly lower than that
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of Nitinol for these three different wire diameters. In addition, the MAD of the occluder
under MARF loading was also different for various braid materials and braiding wire
diameters. With the increase in wire diameter, the MAD of the Nitinol occluder decreased
slowly, while for the PDO, it was just the reverse, which still needs to be verified and
analyzed in subsequent tests.

As shown in Figure 6d, there was also a difference when the angle between the left
and right discs appropriately increased, such that, if ignoring the result of the angle at 10◦,
the IAS and MARF increased by 3.07% and 1.28%, respectively, while the MAD decreased
by 2.02% (increased angle resulted in a decrease in disc diameter). The effect of the wire
diameter on the performance of braided products was also investigated in terms of both
Nitinol and PDO materials.

The deformations of all the devices with MARF after axial loading are shown in
Figure 7a–d. The models are divided into 4 groups according to various design parameters
from sp1 to sp16 as follows: (a) sp1 to sp4: wire density, (b) sp5 to sp8: Nitinol austenite
elastic modulus, (c) sp9 to sp12: wire diameter, and (d) sp13 to sp16: angle between left
and right discs of the occluder. In each group, the parameters of the corresponding design
variables were changed to explore the different effects of the parameters on the mechanical
response under axial displacement load.

 

Figure 7. Contour plots showing the effect of, (a) wire density, (b) Nitinol austenite elastic modulus,
(c) wire diameter, and (d) angle between left and right discs on the stress distribution of the Nitinol
device under ADL; (e) maximum stress on devices.
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The results showed that, except for sp1, all of the models had similar deformations.
The margin of the discs, where the maximal stress fields of the device are located, were
deformed to resist the loading. All values for maximal stress were over σE

L (437.8 MPa,
end of the transformation loading for the simulated Nitinol material from austenite to
martensite) except sp1, as shown in Figure 7e, which means that the transformations were
completely finished in these high-stress fields.

Figure 8 shows the stress-colored map of the maximum axial resistance of the PDO
occluder, in which the stress distribution at the edge of the disc on the loaded side of the
occluder was significantly larger than that on the rest of the parts. The maximum stress
value distributed at the edge of the disc for different braided wire diameters of 0.07, 0.09,
and 0.11 mm under the maximum axial load was 21, 26, and 47MPa, respectively. The
stress distribution for the NiTi alloy occluder under maximum axial load is shown by the
stress-colored map, and presents a similar pattern to that of the PDO occluder, where all of
the stress distribution is at the edge of the disc on the loaded side, but the maximum stresses
are significantly larger than that of the PDO occluders, which are 542.1 MPa, 568 MPa,
570.3 MPa, respectively.

Figure 8. Contour plots showing the effect of wire diameter on the stress distribution of the PDO
device under ADL.
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5. Discussion

Nowadays, the implantation of occlusion devices has become widely accepted as a
highly effective way to treat abnormal blood/thrombus flow within the heart. Studies of
occlusion devices have previously focused on the materials and configurations through
experiments and clinical experience, leading to a longer research cycle, high cost and lack of
predictability. In this study, not only were the mechanics of the self-expanding wire-braided
VSD occluders evaluated through experimental testing, but a systematic evaluation was
also developed to investigate the effects of various material and braid parameters using
computational simulation.

Based on analytical and experimental testing results, it was demonstrated that axial
resistance force would increase to the maximum followed by a decrease, as displacement
loading was slowly implemented. The computational method also identified that the
stiffness of the device could be effectively improved in at least three aspects, such as
the material of the braided wire and the method of weaving, as well as the shape of the
hot-pressed double-discs.

Finite element analysis (FEA) has been widely implemented as a productivity tool for
design engineers to reduce both development time and cost. It provides a clear presentation
of the mechanical response that will help practitioners to avoid mistakes and conduct design
improvement for implanted medical devices [23]. However, few studies have applied FEA
to the research of occlusion devices. An accurate finite element model would be required
to enable the correct estimation of the mechanical behavior of braided closure devices.
To the authors’ knowledge, this study represents the first computational model for the
braided VSD occluders, which were experimentally validated under ADL and they have
great potential in the future design of these devices.

It has been proven that for braided stents, increasing the austenite elastic modulus
of Nitinol causes a linear increase in initial radial stiffness [22]. In this study, the FEA
testing results showed that for braided occluders, the austenite elastic modulus of Nitinol
has the same influence on initial axial stiffness. Nevertheless, the wire density and wire
diameter have different effects on initial axial stiffness and initial radical stiffness. For initial
radial stiffness, increasing wire density and wire diameter resulted in a linear and non-
linear increase, respectively [16,24]. While for initial axial stiffness, this study showed that
they cause a non-linear and linear increase separately. The difference might be explained
by different deformations under their corresponding loading conditions. During the
radial crimping, the straight cylindrical braided stent undergoes a change in the pitch
angles, resulting in a diameter reduction as well as a longitudinal elongation of the whole
device [25,26]. Applying axial loading, the double-disc braided occluder undergoes obvious
bending of the loading disc, besides elongation and change in the pitch angles. The loading
disc undergoes concave deformation, the change in the curvature contributes to the increase
in bending stress, and eventually a decreased diameter results from being unable to suffer
larger loading.

After implanting occlusion devices, the defect will be endothelialized and covered by
newly formed autologous tissues. Studies have shown that it takes no longer than 6 months.
Therefore, the occluders play a role as a temporary bridge for the self-repair of the heart
and should be biodegradable [27]. On the other hand, the pressure difference between the
left and right ventricles is about 6.65—14.67 kPa (50—110 mmHg). For the VSD with a
diameter of 12 mm, the largest force it would experience from blood would be no more
than 1.65 N. It could be noticed that the devices can tolerate a force as large as 9 N and 4.2 N
from the experimental and computational testing results, respectively. That means that the
Nitinol occluders can effectively seal the defect with a satisfactory mechanical property
to avoid falling out. However, it cannot be denied that metal occluders exist in vivo
permanently. The weaving material is expected to evolve from non-degradable Nitinol
to biodegradable polylatide (PLA), polydioxanone (PDO), polycaprolactone (PCL), etc.
These biodegradable materials are non-metallic materials with relatively poor mechanical
properties in some aspects, such as initial axial stiffness, compared to Nitinol (lower 30%
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with same wire diameter). Therefore, new methods for braiding and shaping structures
need to be developed to improve the mechanical properties of the biodegradable materials.
What has been brought up in this study, through the investigations into the mechanical
properties with the FEA method, can be further used for biodegradable materials in
the future.

Several limitations and hypotheses of this study need to be mentioned. In computa-
tional testing, the defect was assumed to suffer the loading with little deformation, so as to
be regarded as a rigid body. The frictional coefficient of all the contact was also assumed to
be identical to 0.2. These assumptions were beneficial to FEA numerical computation, but
at the risk of losing accuracy. Additionally, the computational testing of parameter studies
should also be conducted by in vitro experimental testing to validate the results. When
using the biodegradable materials instead of Nitinol to test, the results would be more
clinically meaningful. Besides, more testing under different loading conditions should
be carried out to fully validate the model and the differences between experimental and
FEA testing.

6. Conclusions

In summary, this study used experimental tests to investigate the mechanical prop-
erties of VSD Nitinol occluders under axial loading and MARF conditions, to prove that
they have the sufficient ability to resist falling out from their correct placements. The first
experimentally validated computational models of braided occluders were established,
and they provided a clear presentation by simulating the process with FEA. Furthermore,
the mechanical behavior of different occluder materials and design parameters were also
presented by means of FEA. Our results demonstrated that material is the key governing
parameter that affects the axial resistive performance of wire-braided occluders. The axial
performance of PDO devices is relatively weaker than Nitinol devices; using larger wire
diameters and a greater wire density could bring about significant improvement. It is
expected that the outcomes of this study could be used as a reference for the future design
of biodegradable braided occluders.
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Abstract: Mineralized collagen is the basic unit in hierarchically organized natural bone with different
structures. Polyacrylic acid (PAA) and periodic fluid shear stress (FSS) are the most common chemical
and physical means to induce intrafibrillar mineralization. In the present study, non-mineralized
collagen, extrafibrillar mineralized (EM) collagen, intrafibrillar mineralized (IM) collagen, and hierar-
chical intrafibrillar mineralized (HIM) collagen induced by PAA and FSS were prepared, respectively.
The physical and chemical properties of these mineralized collagens with different microstructures
were systematically investigated afterwards. Transmission electron microscopy (TEM) and scanning
electron microscopy (SEM) showed that mineralized collagen with different microstructures was
prepared successfully. The pore density of the mineralized collagen scaffold is higher under the
action of periodic FSS. Fourier transform infrared spectroscopy (FTIR) analysis showed the formation
of the hydroxyapatite (HA) crystal. A significant improvement in the pore density, hydrophilicity,
enzymatic stability, and thermal stability of the mineralized collagen indicated that the IM collagen
under the action of periodic FSS was beneficial for maintaining collagen activity. HIM collagen fibers,
which are prepared under the co-action of periodic FSS and sodium tripolyphosphate (TPP), may
pave the way for new bone substitute material applications.

Keywords: mineralized collagen; microstructure; physical characterization; chemical characterization

1. Introduction

Bone, as a mechanically adaptive organ, can adapt to a variety of external forces by
adjusting its complex hierarchical structure [1]. The basic unit of the complex hierarchical
structure of bone is mineralized collagen, which consists of collagen fibers and apatite [2,3].
Collagen fibers are the most resourceful proteins in animals and have good mechanical
sensitivity [1,4,5]. Hydroxyapatite (HA) crystals are typical representatives of apatite,
which is transformed from amorphous calcium phosphate (ACP). ACP and HA crystals
have different calcium (Ca): phosphorus (P) ratio ratios and crystallinity [6]. Therefore,
it is an effective mechanical factor due to its higher stiffness and crystallinity [7–10]. HA
can effectively promote the growth of osteoblast with high crystallinity. In the process of
mineralization, collagen can induce the nucleation and crystallization of ACP, and then the
ACP grow along the long axis of the aligned collagen fibers, eventually forming mineralized
collagen with different microstructures [11–15]. Mineralized collagen is a response for the
second level for the highly anisotropic hierarchical structure of bone. The highly anisotropic
hierarchical structure is critical to the good mechanical and biological activity properties of
bone [16].
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Currently, mineralized collagen mainly includes extrafibrillar mineralized (EM) colla-
gen and intrafibrillar mineralized (IM) collagen. Since the structure of the IM collagen is
closer to the natural mineralized collagen structure, the study of the IM collagen has gained
more attention. The IM collagen is divided into the normal IM collagen and the hierarchical
intrafibrillar mineralized (HIM) collagen. According to the polymer-induced liquid phase
precursor mineralization process, the polyanionic compounds, such as polyacrylic acid
(PAA), can stabilize the ACP precursors as sequestration analogues to induce normal IM
collagen [17,18]. Meanwhile, polyphosphate compounds, such as sodium tripolyphos-
phate (TPP), can regulate HIM collagen as template analogues with the co-presence of
PAA [19–22]. However, the crystal transformation is slower and the mineralized collagen
fibers are arranged poorly under the action of PAA [8,23,24]. Since the crystal size and
crystallinity will affect the mechanical and biological activity properties of the materials, in
order to prepare a better bone substitute material with the arrangement microstructure and
the high crystal conversion degree, it is necessary to prepare an arranged HIM collagen
under the action of external force.

Among the external force, the periodic fluid shear stress (FSS) is regarded as the most
important mechanical stimulation mode for the bone matrix [25,26]. Correspondingly, the
collagen mineralization can be guided by the external mechanical environment [27–29].
According to our previous study, the periodic FSS can replace the PAA to induce a highly ar-
ranged IM collagen and a highly arranged HIM collagen with the co-presence of TPP [30,31].
HIM collagen could better promote the biological responses [32]. Nevertheless, in the bone,
these mineralized collagens with different microstructures may exist at the same time and
result in the formation of the complex structure of the bone [33]. The physical and chemical
properties of the materials are the key to the biocompatibility. The basic physical and
chemical properties of these mineralized collagens with different microstructures have not
been systematically analyzed.

Hence, we prepared mineralized collagen fibers with different microstructures under
the action of PAA, periodic FSS, and periodic FSS-TPP, respectively. The morphology of the
mineralized collagen was studied by scanning electron microscopy (SEM) and transmission
electron microscopy (TEM). The molecular structure and the crystal structure of the miner-
alized collagen fibers was investigated by Fourier transform infrared spectroscopy (FTIR).
The hydrophilicity, the stability, and the salinity of the mineralized collagen fibers were
examined by analyzing the contact angles, the enzymatic times, and the thermogravimetry
(TG) [34]. Our aim was to analyze the physical and chemical properties of the mineralized
collagen with different mineralized microstructures, provide basic data support for the
further exploration of the osteogenesis properties of those mineralized collagen fibers with
different microstructures, and finally prepare advanced bone substitute materials.

2. Materials and Methods

2.1. Preparation of Mineralized Collagen with Different Microstructures

The collagen source solution was obtained from BD Biocoat (No. 354236, Corning,
New York, NY, USA). The collagen was rat tail collagen (type I). The concentration of
collagen was around 3–5 mg/mL. The collagen source solution was mixed with 0.1 M
CaCl2 and 0.1 M (NH4)2HPO4 according to the molar ratio of Ca: P in HA. In the mineral-
ization system, the molar ratio of calcium-to-phosphorus was kept to 1.67. The pH of the
mineralization system was adjusted to 7.4 by 1 M NaOH and 0.1 M ammonium hydroxide.
Then, the collagen concentration was adjusted to 1 mg/mL by distilled water, and Ca
concentration was regulated to 5 mM by distilled water in the mineralization reaction
system. In addition, 1 mg/mL PAA was added into the mineralization system, and its
final concentration was 0 and 30 μg/mL for the preparation of EM collagen and normal IM
collagen, respectively.

Meanwhile, the mineralization experiments were repeated with the same collagen
and Ca concentration but adding the periodic FSS adjustment step during the mineraliza-
tion process. A cone-and-plate viscometer (Brookfield R/S-CPS+ rheometer, Rheo3000,
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Brookfield, CT, USA) was used to provide 1.0 Pa of periodic FSS (every period is two hours,
which involves work for 1 h and rest for 1 h) for the arranged IM collagen.

In addition, the collagen phosphorylated under the action of 3% TPP (Na5P3O10,
No. T5508, Sigma-Aldrich, Saint Louis, MO, USA) for 5 h was mineralized using the same
procedure to prepare the arranged HIM collagen under the co-action of periodic FSS [35].

All the mineralization reactions were kept at room temperature (RT) for 24 h. After
being mineralized for 24 h, these samples were washed three times and excess water
was removed by centrifugation. The samples were centrifuged at 5000 rpm for 10 min
(Universal 320R, Hettich, Vlotho, Germany) and then, further lyophilized (Christ Alpha
1-4 LD, Christ, Osterode am Harz, Germany) for the following analysis.

2.2. Transmission Electron Microscopy (TEM) Observations

The internal morphologies of the mineralized collagen with different microstructures
were analyzed by TEM (JEM-2100F, JEOL, Tokyo, Japan). The lyophilized mineralized
collagen samples with different microstructures were embedded in spurr resin at 65 ◦C
for 24 h without staining. The resin-embedded samples were cut into thin slices with
a thickness of less than 100 nm by an ultraslicer (Leica UC7, speed 2.0 mm/s, Wetzlar,
Germany). Ultrathin sections were transferred to copper mesh. These ultrathin samples
were observed by TEM, and an analysis of the crystallization of the mineralized collagen
was carried out by a selected area electron diffraction (SAED) at 200 kV.

2.3. Scanning Electron Microscopy (SEM) Observations

SEM (LEO1530VP, Munich, Germany) was used to observe the morphology of the
mineralized collagen with different microstructures. All the lyophilized mineralized colla-
gen samples were cut into small patches (5 × 5 mm) and fixed on the special sample stage
for SEM with the conductive tapes. Then, the sample stage with the mineralized speci-
mens was sputter-coated with a layer of gold using an ion sputter coater (SBC-12, Beijing
Zhongke Instrument Co., Ltd., Beijing, China) at 0.1 Torr, 15 mA for 90 s total. Finally, the
gold-sprayed sample was placed in the sample chamber of the SEM and observed under
the condition of an accelerating voltage of 15 kV.

2.4. Fourier Transform Infrared Spectra (FTIR) Measurements

The molecular structure and the crystallinity of the mineralized collagen were analyzed
by FTIR (NICOLET380, Boston, MA, USA). The FTIR measurements were performed using
the potassium bromide pellet pressing method. In the tablets, the mass ratio of mineralized
collagen and potassium bromide was controlled between 1:150 and 1:250. All spectra were
recorded in the range of 400~4000 cm−1 at a resolution of 4 cm−1 intervals, and spectra
plots represented 32 scans [36].

2.5. Hydrophilicity of Mineralized Collagen

The hydrophilicity of the mineralized collagen sponges can be analyzed by measur-
ing the contact angle of the lyophilized collagen sponge surface using a contact-angle-
measuring instrument (JC2000DM, Beijing Zhongyi Kexin Technology Co., Ltd., Beijing,
China) [37]. The sessile drop contact angle measurements are carried out by 1 μL distilled
water drops, gently delivered from a capillary tip onto the mineralized collagen surfaces.
Due to the better hydrophilicity of the collagen material, we analyzed the dynamic contact
angle of the different materials by taking photographs every 0.5 s for 30 s. The dynamic
contact angles of the different sponges were measured three times.

2.6. Enzyme Measurements

A certain amount (1 mg) of the lyophilized mineralized collagen was placed in a
357 units/mL collagenase solution. The collagenase solution was prepared with Tris-HCl
buffer at pH 7.4, 0.05 M. In order to simulate the enzymatic hydrolysis process in vivo,
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these samples with collagenase solution were dissolved in a water bath at 37 ◦C. The time
of the dissolution of these samples can be seen as the time of enzymolysis.

2.7. Thermogravimetry (TG) Measurements

Weight loss can be used to analyze the mineralization degree and structural stability.
The weight losses of the mineralized collagen with different microstructures (3~5 mg)
were measured using a TG analyzer (LABSYS evo, Setsys, Caluire, France). According
to the degradation temperature of the collagen and HA, the conditions of the TG test are
as follows: the heating temperature range is from 50 ◦C to 800 ◦C, the heating rate is
20 ◦C min−1, and the atmosphere is Ar.

2.8. Statistical Analysis

A statistical analysis was performed using one-way analysis of variance (ANOVA) on
SPSS 19.0. Corresponding p-values of less than 0.05 were considered significant.

3. Results and Discussion

During the collagen mineralization, ACP nucleates, grows, and crystallizes along col-
lagen fibrils to form different internal mineralized structures. The internal microstructures
of mineralized collagen under different conditions were observed by unstained TEM. Non-
mineralized collagen is transparent under the TEM (Figure 1A). As a typical polyanionic
compound, PAA is used to stabilize ACP precursors and induce the formation of nano-sized
ACPs. Without the action of PAA and periodic FSS, ACP was too large to permeate into
collagen fibers, large-sized ACPs attached only on the surface of collagen and formed EM
collagen (Figure 1B, triangles). Meanwhile, with the action of PAA, the nano-sized ACP was
formed; the nano-sized ACPs were smaller than the collagen gap regains, so they was able
to penetrate into the collagen fibers through the gap regains and form normal IM collagen
(Figure 1C). Arranged IM collagen formed under the regulation of periodic FSS (Figure 1D),
and arranged HIM collagen formed under the co-action of periodic FSS and TPP (Figure 1E,
yellow lines). The selected area electron diffraction (SAED) of the mineralized collagen
produced ring patterns, proving that the ACP particles have transformed from a continuous
amorphous mineral phase into a crystal phase after being mineralized for 24 h (Figure 1F).
The SAED of the mineralized collagen produced crystalline patterns containing specific
diffusive rings corresponding to (002), (211), and (004) reflections (Figure 1F). The specific
diffusive ring patterns were the typical characteristics of highly aligned HA nanoplatelets.
Under the action of PAA, normal IM collagen was randomly oriented (Figure 1C, red
lines). The arranged IM collagen and HIM collagen both oriented well under the action of
periodic FSS (Figure 1D,E, red lines). This proves that periodic FSS is beneficial to the neat
arrangement of mineralized collagen.

SEM was used to observe the micro-spatial network structure of the mineralized colla-
gen with different microstructures (Figure 2). All mineralized collagen sponges possess
a three-dimensional interconnected porous structure, which has no significant difference
before and after mineralization (Figure 2A). However, the high magnifications of these
mineralized collagens (Figure 2B–F) showed the differences between these mineralized
collagens. Before mineralization, the surface of collagen was very smooth. After min-
eralization, the surface of the EM collagen was rough, although the large ACP particles
and the IM collagen were smoother than the EM collagen. Among them, we found that
more nanosized spherical ACP particles were observed on the surface of the normal IM
collagen induced by PAA (Figure 2D, triangle). The reason is that PAA induces intrafibrillar
mineralization by stabilizing the ACPs. Furthermore, periodic FSS can reduce the size of
the ACPs by its own perturbation, inducing the formation of intrafibrillar mineralization [8].
More specifically, periodic FSS can arrange the collagen fibers neatly (Figure 2E,F, arrows)
and induce the mineralized phosphorylated collagen with a stripe-like structure (Figure 2F,
triangles), which is the oriented HIM collagen. In addition, the oriented IM and HIM
collagen under the action of periodic FSS has high pore density. The results confirmed

248



J. Funct. Biomater. 2022, 13, 57

that we have made mineralized collagen with different microstructures successfully, and
periodic FSS is favorable for making the oriented HIM collagen.

 
Figure 1. The internal morphological characteristics of different mineralized collagens observed by
TEM. (A): The non-mineralized (NM) collagen; (B): the EM collagen; (C): the PAA-induced normal
IM collagen; (D): the periodic FSS-induced arranged IM collagen; and (E): the periodic FSS and TPP-
co-induced arranged HIM collagen. The NM collagen is transparent (A). There are some large-sized
ACPs attached to the surface of the EM collagen (B, triangles). The IM and HIM collagen oriented
under the action of the periodic FSS (D,E, red line). (F): The SAED of the mineralized collagen
produced ring patterns. The ring patterns along (002), (211), and (004) were characteristic of highly
crystalline, anisotropic HA (F).

FTIR spectroscopy can directly reflect the conformational structure of a compound
molecule through the absorption peak of the characteristic groups. Therefore, FTIR spec-
troscopy was applied to measure the changes of the collagen molecule structure before
and after mineralization. In the FTIR spectroscopy, amide A, amide B, amide I, amide II,
and amide III are the absorption peaks of the classical structure of collagen (Figure 3a).
The presence of these absorption peaks of the classical structure of the collagen triple helix
structure means that the collagen triple helix structure was kept well after mineralization.
During the process of mineralization, the Ca and P ions first aggregated to form ACPs; then,
the ACPs transformed calcium-deficient apatite and HA crystals. ACP, calcium deficient ap-
atite, and HA crystals have different Ca:P ratio ratios and crystallinity. The transformation
of ACP to HA can be differentiated by the appearance of absorption peaks of phosphate
groups around 1030 cm−1 and the single peak around 580 cm−1 gradually splitting into
two peaks around 600 and 560 cm−1(Figure 3b, dotted lines in yellow boxes). The higher
the crystallinity, the sharper the peak shape. The lower the crystallinity, the smaller the
half width of the peak shape. Therefore, by observing the change of the phosphate group
absorption peaks of the mineralized collagen under different conditions, we found that the
characteristic peaks at 562, 600, and 1029 cm−1 of the collagen mineralized with the action
of the periodic FSS were the highest and sharpest (Figure 3b-D,b-E arrows), indicating that
the periodic FSS could promote the transformation of HA crystals and improve their crys-
tallization rate. Meanwhile, the PAA-induced normal IM collagen has the lower absorption
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of characteristic peaks about the formation of HA around 560, 600, and 1030 cm−1 than
other groups (Figure 3b-C); the reason is that PAA stabilizes the size of ACP by blocking
the conversion of ACP, which in turn leads to intrafibrillar mineralization.

 

Figure 2. The SEM images of different mineralized collagens. (A): The three-dimensional structure
of the collagen scaffolds; (B): the NM collagen; (C): the EM collagen; (D): the PAA-induced normal
IM collagen; (E): the periodic FSS-induced oriented IM collagen; and (F): the periodic FSS and TPP-
co-induced oriented HIM collagen. In the collagen scaffolds, the pore density has increased after
mineralization, especially under the action of periodic FSS. The high magnification images of these
mineralized collagens with different microstructures (B1–F2) show that the surface of the collagen
is very smooth before mineralization. After mineralization, the EM collagen was rough and the IM
collagen was smoother. The spherical particles were formed on the surface of the normal IM collagen
induced by PAA (D, triangle), and collagen fibers were arranged neatly and induced by periodic FSS
(E,F, arrows). The oriented HIM collagen has stripe-like structures (F, triangles).
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Figure 3. The FTIR spectra of different mineralized collagens. In (a,b), A: the NM collagen;
B: the EM collagen; C: the PAA-induced normal IM collagen; D: the periodic FSS-induced oriented IM
collagen; and E: the periodic FSS and TPP-co-induced oriented HIM collagen. (b) is an enlargement
of the gray box in (a). The characteristic peaks of HA at 562, 600, and 1029 cm−1 were the highest and
sharpest under the condition of periodic FSS (D and E).

Furthermore, collagen, as a common biological material, has good hydrophilicity. The
hydrophilic properties of the mineralized collagen are related to the network structure
and the available hydrophilic groups of collagen sponges. We can analyze its hydrophilic
properties after mineralization, through the dynamic contact angle. According to the
changes of contact angles with increasing time, we drew dynamic contact angle curves
of the mineralized collagen sponges (Figure 4). From the curves, we observed that the
hydrophilic properties of the collagen sponges were good whether mineralized or not
(Figure 4). The best contact angle was only maintained for 4 s; after mineralization, the
contact angle can reach 10 s (Figure 4). Non-mineralized collagen has the best hydrophilic
properties, and the EM collagen has the worst hydrophilic properties, indicating that this
property mainly correlated to the structure of the collagen. HA or ACP particles attached
on the surface of collagen can cover the hydrophilic groups, which is in accordance with
the SEM analysis. Meanwhile, this study showed that the hydrophilic properties after
mineralization with the action of periodic FSS were slightly less numerous than in the
other groups, and the contact angles was 80◦, which could be due to the arrangement of
the collagen. It is worth noting that after 11 s these are all superhydrophilic, and for the
proposed application, the differences in the first 11s regarding the contact angle values
need to be further tested. Consistent with our TEM and SEM analysis, extrafibrillar and
intrafibrillar mineralization had different levels of influence on the microstructure of the
collagen sponges, which means that the contact angle values are in line with the TEM and
SEM data.

Collagenases can specifically hydrolyze collagen by breaking the helical structure
of the collagen and the links between the molecular chains under physiological pH and
temperature conditions [38]. The enzymatic time of the collagen is reduced after mineral-
ization. EM collagen has the lowest enzymatic time (Figure 5). The reason is that on the one
hand, there are many hydrogen bonds between the helical structure of the collagen, and the
hydrogen bonds can maintain the structural stability of the collagen. During the process
of the HA crystal growth and deposition, the hydrogen bonding between the collagen is
destroyed, resulting in the decrease of the structural stability of the collagen, which can
take less time to be dissolved by collagenase. On the other hand, the larger size of the ACP,
the easier it is to deposit on the surface of the collagen fibers, when mineralized collagen
with the same mass, the proportion, and level of contact with the surface of collagen in
the EM collagen is smaller, resulting in the enzymatic time become shorter. In addition,
the PAA and the FSS all can reduce the size of the ACP. Because there is little difference
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between the PAA-induced normal IM collagen and the periodic FSS-induced oriented IM
collagen and HIM collagen, we inferred that the conversion of the ACP has an influence on
the collagen structure and enzymatic stability.

Figure 4. The dynamic contact angles of the different mineralized collagens. A: the NM collagen;
B: the EM collagen; C: the PAA-induced normal IM collagen; D: the periodic FSS-induced oriented IM
collagen; and E: the periodic FSS and TPP-co-induced oriented HIM collagen. The change of contact
angles with the time was quick from 40◦ to 0◦. The EM collagen has poorer hydrophilicity than IM
collagen. The periodic FSS and TPP-co-induced oriented HIM collagen have the best hydrophilicity
after mineralization, and their contact angles are 80◦.

Figure 5. The enzymatic time of the different mineralized collagens. The NM collagen has the longest
enzymatic time, and the EM collagen has the shortest enzymatic time. The enzymatic time was longer
than other mineralization conditions under the action of periodic FSS. * p < 0.05 vs. non-mineralized
collagen group, NS: no significant difference.
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Collagen, as the organic matter in the mineralized collagen, can be gradually degraded
with the increase of temperature, and the weight is obviously lost. HA, as an inorganic
matter in the mineralized collagen, does not degrade with the increase of temperature,
and there is no significant weight loss. Therefore, the ratio of inorganic to organic in the
mineralized collagen can be determined by analyzing their weight losses. With the increase
of temperature, two weight loss steps can be distinguished in the TG curves of the collagen.
As the temperature increases, the binding water is lost first in the range of 30–150 ◦C
(Figure 6 green box 1). In the range of 250–600 ◦C, collagen chains were broken and the
structure were degraded (Figure 6 yellow box 2). The degradation of the chains means the
destruction of the secondary conformation structure. Most of weight losses occur in the
degradation process. Due to the fact HA can only lose the weight of the binding water, the
weight loss is very slight, and the weight losses of the mineralized collagen, regardless of the
mineralized microstructure, is lower than that of the non-mineralized collagen (Figure 6).
Compared with the different mineralized collagens, we found that the EM collagen has
the least weight losses. The oriented IM and HIM collagens have greater weight loss
(Figure 6D,E). However, we found that the second stage of the weightlessness of the EM
collagen appears significantly earlier, indicating that the extrafibrillar mineralization has
destroyed the collagen secondary conformation structure (Figure 6B, arrow in yellow box 2).
The difference in weight losses between the different mineralized collagens corresponded
well with the dehydration of HA. The lower the weight losses of the mineralized collagen,
the higher the content of HA in the collagen fibers. The results are consistent with the
enzymatic time of the different mineralized collagens. The reason for this is that when the
ACP particle sizes become smaller, their specific surface area increases, and the specific
surface area of the collagen fibers is limited, resulting in the reduction of the deposition
of the ACPs. Furthermore, although the perturbation of the periodic FSS can promote the
formation of intrafibrillar mineralization, there is a certain obstacle to the ACP entering
into the collagen fibers.

 
Figure 6. The TG curves of the different mineralized collagens. The curves from A to E were the NM
collagen, the EM collagen, the PAA-induced normal IM collagen, the periodic FSS-induced oriented
IM collagen, and the periodic FSS and TPP-co-induced oriented HIM collagen. The NM collagen has
the largest weight losses, and the EM collagen has the smallest weight losses. The EM collagen first
begins the second stage of the weight loss.
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4. Conclusions

Since the mineralized collagen is the basic bone matrix of the hierarchically organized
structures of the natural bone, there are many different mineralized microstructures of the
mineralized collagen in the bone. Therefore, this study prepared the mineralized collagen
with different microstructures induced under different conditions, such as the PAA and
the periodic FSS. Then, we systematically analyzed their physical and chemical properties.
Multiple sources of evidence were provided to prove that the addition of the PAA and the
periodic FSS to the collagen mineralization system can induce intrafibrillar mineralization.
The periodic FSS has improved the hydrophilicity, the enzymatic stability, and the crystal
conversion of the mineralized collagen. Good hydrophilicity, enzyme stability, and crystal
conversion rate are the basic conditions for the cell growth and biocompatibility of biomate-
rials. These experiments have laid the foundation for subsequent animal experiments and
cell experiment evaluations of these mineralized collagens with different microstructures as
bone substitute materials. The periodic FSS and the TPP co-induced oriented HIM collagen
can be better matrix materials for the design of bone substitute materials with better bone
repair abilities and may pave the way for tissue engineering applications.
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Abstract: Dental pulp is essential for the development and long-term preservation of teeth. Dental
trauma and caries often lead to pulp inflammation. Vital pulp therapy using dental pulp-capping
materials is an approach to preserving the vitality of injured dental pulp. Most pulp-capping
materials used in clinics have good biocompatibility to promote mineralization, but their anti-
inflammatory effect is weak. Therefore, the failure rate will increase when dental pulp inflammation
is severe. The present study developed an amorphous calcium phosphate/poly (L-lactic acid)-
poly (lactic-co-glycolic acid) membrane compounded with aspirin (hereafter known as ASP/PLGA-
ASP/ACP/PLLA-PLGA). The composite membrane, used as a pulp-capping material, effectively
achieved the rapid release of high concentrations of the anti-inflammatory drug aspirin during the
early stages as well as the long-term release of low concentrations of aspirin and calcium/phosphorus
ions during the later stages, which could repair inflamed dental pulp and promote mineraliza-
tion. Meanwhile, the composite membrane promoted the proliferation of inflamed dental pulp
stem cells, downregulated the expression of inflammatory markers, upregulated the expression of
mineralization-related markers, and induced the formation of stronger reparative dentin in the rat
pulpitis model. These findings indicate that this material may be suitable for use as a pulp-capping
material in clinical applications.

Keywords: aspirin; anti-inflammation; amorphous calcium phosphate composite scaffold; dental
pulp-capping material; dental pulp stem cell

1. Introduction

The preservation of vital dental pulp is essential for maintaining tooth sensation, nutri-
tion, immunity, and dentin formation; these aspects contribute to long-term prognoses [1,2].
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Therefore, vital dental pulp preservation is an important goal of modern minimally invasive
dentistry [3]. Currently, the most common clinical pulp-capping agent material is mineral
trioxide aggregate (MTA), regarded as the clinical standard for pulp capping [4]. MTA
has an excellent effect on the promotion of the formation of reparative dentin; however,
its anti-inflammation effect was relatively weak [5]. Therefore, the success rate of vital
pulp preservation is relatively low in the presence of inflammation [6,7]. Investigations of
novel pulp-capping materials with anti-inflammatory effects could improve the success
rate of vital pulp preservation and expand its indications, which have important clinical
significance and practical value.

Ideal pulp-capping material for early-stage pulpitis should rapidly inhibit inflamma-
tion to create a beneficial microenvironment for dental pulp repair, after which it should
promote long-term mineralization to form a hard tissue barrier [8–10]. In order to fulfill
these requirements, there is a need for multilayer biomaterials with sequential release
properties. Aspirin (ASP) is a nonsteroidal anti-inflammatory drug widely used in clinics.
Its main functions include analgesia, antipyretic and anti-inflammatory; in addition, it
has properties that affect the immune response and exert anti-infection and anti-biofilm
activity [11]. Aspirin can reduce the expression levels of inflammatory factors in dental
pulp stem cells [12], which indicates that aspirin could play an effective role in control-
ling pulp inflammation. Amorphous calcium phosphate (ACP) has been demonstrated to
have good biodegradability and bioactivity and no cytotoxicity; ACP scaffolds have been
shown to continuously release calcium and phosphorus ions. It has been widely applied
in the biomedical field due to its excellent bioactivity, high cell adhesion, and adjustable
biodegradation rate [13–16]. The biodegradable materials poly (L-lactic acid) (PLLA) and
poly (lactic-co-glycolic acid) (PLGA) can achieve the controlled release or sustained release
of drugs by adjusting the degradation rate [17,18].

The dental pulp-capping material was designed as a three-layer composite membrane.
The lower layer was an ASP/PLGA membrane that contained high concentrations of ASP;
the middle layer was an ASP/ACP/PLLA membrane that contained low concentrations of
ASP and ACP, and the outer layer was a PLGA membrane. The lower ASP/PLGA mem-
brane can rapidly release aspirin to control pulp inflammation; the middle ASP/ACP/PLLA
membrane can perform the long-term release of calcium/phosphorus ions and aspirin to
promote the formation of reparative dentin; and the outer PLGA membrane layer improves
the superficial hydrophilicity of the composite membrane, which is beneficial to improving
the sealing property of the pulp-capping material.

Pulpitis is inflammation caused by bacteria or toxins invading the dental pulp in the
center of the tooth. Gram-negative bacteria are common microorganisms that cause pulp
inflammation and necrosis. Lipopolysaccharide (LPS) is the main molecular component of
these bacterial cell walls [19]. In vivo, it can activate monocyte macrophages, endothelial
cells, and epithelial cells, through the cell signal transduction system, cause the synthesis
and release of various cytokines and inflammatory mediators, and then initiate a series
of reactions in the body. It is often used to induce inflammatory models [20]. This study
aimed to evaluate the effect of the composite membrane on the proliferation, migration, and
differentiation of dental pulp cells under an LPS-induced inflammation condition in vitro,
as well as its potential role in the formation of reparative dentin in a rat pulpitis model
in vivo, so as to provide support for its future clinical application.

2. Materials and Methods

2.1. Preparation of the ASP/ACP/PLLA Electrospun Membrane

The membrane was fabricated by using a multilayering electrospinning method.
Briefly, a PLLA polymer solution (50% w/v) with aspirin at 0.12 wt% PLLA and ACP pow-
ders at 10 wt% PLLA were prepared in a 3:1 DCM: DMF solvent mixture. The solution was
stirred for 1 h to obtain a uniform suspension, after which this suspension was loaded into a
20 mL syringe and electrospun at 20 kV under a steady flow rate of 1.2 mL/h. The distance
between the collection foil and the syringe needle was set as 10 cm. After electrospinning
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for 2.5 h, the resulting ASP/ACP/PLLA membrane was separated from the collection foil
and dried in a desiccator overnight. The dried ASP/ACP/PLLA membrane was cut into
small pieces of equal weight and put on the collection foil for further electrospinning.

2.2. Preparation of the ASP/PLGA-ASP/ACP/PLLA-PLGA Electrospun Composite Membrane

A polymer solution containing 30% w/v PLGA with aspirin at 1.2 wt% PLGA was
prepared in a 3:1 DCM: DMF solvent mixture. The solution was electrospun on one side of
the small pieces of the ASP/ACP/PLLA membrane we prepared before at 20 kV under a
steady flow rate of 1.6 mL/h with a distance of 10 cm for 0.5 h to obtain the ASP/PLGA-
ASP/ACP/PLLA electrospun membrane. The other side of the ASP/ACP/PLLA mem-
brane was electrospun for 0.5 h using a pure PLGA solution under the same conditions to
obtain the final ASP/PLGA-ASP/ACP/PLLA-PLGA membrane. The resulting multilayer
membranes were collected and dried in a desiccator overnight.

2.3. Characterization of the Composite Membrane

The membranes were mounted on metal stubs and coated with platinum for micro-
scopical observation. Both the surface and cross-section morphologies were observed using
a scanning electron microscope (SEM, FEI Quanta 250 FEG, Hillsboro, OR, USA). The
diameter distribution of the nanofibers was analyzed using the image analysis program
ImageJ. An energy-dispersive spectrometer (EDS) was used to determine the chemical
composition of the electrospun membrane. The contact angle of the ASP/ACP/PLLA
and ASP/PLGA-ASP/ACP/PLLA-PLGA membranes was measured by a contact angle
measurement system (JC2000FM, POWER EACH, Shanghai, China) with a water droplet
size of 0.5 μL. Moreover, transmission electron microscope (TEM) and X-ray diffraction
(XRD) were employed here to identify that the ACP we loaded is in amorphous phases.
For the TEM (JEOLJEM-2100, JEOL Ltd., Akishima-shi, Japan) observation, the samples
were ultrasonicated in alcohol for 30 min and picked up with copper net films to observe
their surface morphologies. Meanwhile, the XRD patterns were obtained from a Rigaku
D/Max X-ray diffractometer (Rigaku Corporation, Tokyo, Japan) with Cu Kα radiation at
40 kV, 120 mA, and a scanning rate of 10◦/min from 3◦ to 70◦.

2.4. In Vitro Degradation Experiments

In vitro degradation experiments were conducted by monitoring the media pH and
mass loss of the electrospun membrane during the course of 21 days. Briefly, 20 mg of
the ASP/PLGA-ASP/ACP/PLLA-PLGA membrane were immersed in 3 mL of phosphate
buffered solution (PBS, 0.1 M, pH 7.4) and kept at 37 ◦C incubator shaker. The PBS media
were changed every three days with fresh PBS. The replaced PBS was collected, and the
pH value of this degradation media was measured by using a pH meter (Leici PHS-3C,
Shangai INESA Scientific Instrument Co., Ltd., Shanghai, China). The mass loss of the
composite membrane was examined on 3, 7, 14 and 21 days using an electronic balance,
and the membrane was lyophilized for 24 h before measuring.

2.5. In Vitro Release Experiments

In vitro release experiments were carried out to analyze the ion release (Ca2+, PO4
3−)

and aspirin release from the membrane over a period of 21 days. Before the release
experiments, an acceleration study was firstly carried out according to our previous work
to calculate the aspirin loading efficiency in the membrane. In order to study the release
in vitro, 20 mg of the ASP/PLGA-ASP/ACP/PLLA-PLGA membrane were placed in
test tubes with 3 mL of physiological saline (for Ca2+, PO4

3− measurement) or PBS (for
aspirin measurement) and kept in an incubator shaker that is maintained at 37 ◦C. At
predetermined time intervals, the release media in test tubes were collected and replaced
with an equal amount of fresh media. The Ca2+, PO4

3−, and aspirin concentrations were
tested by a calcium colorimetric assay kit (Sigma-Aldrich, Saint Louis, MO, USA) and a
phosphate ion colorimetric assay kit (Sigma-Aldrich, Saint Louis, MO, USA), as well as a
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multimode microplate reader (Varioskan Flash, Thermo Fisher Scientific, Waltham, MA,
USA) at 278 nm/298 nm, respectively.

2.6. Cell Culture

Dental pulp stem cells (DPCs) were provided by the Oral Stem Cell Bank (Beijing,
China). The DPCs were cultured in an α-modified minimum essential medium (α-MEM;
Gibco, St. Louis, MO, USA) with 10% fetal bovine serum (Gibco, St. Louis, MO, USA) and
100 U/mL penicillin-streptomycin (Sigma-Aldrich, St. Louis, MO, USA) at 37 ◦C in a 5%
CO2 incubator. The medium was changed every 3 days. Cells were used in passages 3–5 for
all of the experiments.

2.7. Cell Proliferation Assay

The effect of the composite membrane on DPCs proliferation was assessed by using
a Cell Counting Kit-8 (CCK-8) assay (Dojindo, Kumamoto, Japan). DPCs were seeded
at a density of 3 × 103 cells/well in 96-well plates (n = 3 wells per group), cultured,
and treated with the culture medium containing ASP/PLGA-ASP/ACP/PLLA-PLGA
composite membrane extract, while the α-MEM was used for the control group. At 1,
3, 5, and 7 days, 10 μL of the CCK-8 solution was added to each well. The absorbance
was measured at 450 nm by using an Absorbance Microplate Reader (BioTek Instruments,
Winooski, VT, USA). The DPCs were treated with 1 μg/mL of lipopolysaccharide (LPS)
to establish a model of inflamed dental pulp stem cells (iDPCs). The cells were treated
separately with ASP, ACP/PLLA-PLGA scaffold extract, PLGA-PLLA-PLGA scaffold
extract, or ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane extract; the α-MEM
was used for the control group. At 1, 3, 5, and 7 days, CCK-8 assays were conducted as
described previously.

2.8. Cell Adhesion and Migration

Cell adhesion was observed by using phalloidin/4,6-diamino-2-phenylindole (DAPI; In-
vitrogen, Carlsbad, CA, USA) staining. DPCs were seeded at a density of 1 × 104 cells/well
in a 24-well plate with a composite membrane or a glass slide at the bottom and cultured in
the α-MEM. After 24 h, the cells were washed and fixed with paraformaldehyde. Phalloidin
staining was performed for 30 min, and the nuclei were stained with DAPI for 10 min. After
the cells had been washed with phosphate-buffered saline, cell skeletons were observed by
using a confocal microscope (Zeiss LSM 7 Duo, Jena, Germany). The cell scratch test was
used to examine the impact of each membrane treatment on DPCs migration. DPCs were
seeded at 1 × 105 cells/well in a 6-well plate. When the cells reached 90% confluence, a clear
and straight scratch was drawn by using a 1 mL pipette tip on the bottom of the plate; the
scratch was measured by using a ruler. Exfoliated cells were washed away using phosphate-
buffered saline, and the remaining DPCs were treated with the membrane extract liquid and
α-MEM. The initial position and width of the scratch were recorded by photography using
an inverted microscope. After culturing at 37 ◦C with 5% CO2 in a humidified incubator for
12 h, photographs were collected by using the inverted microscope at the same observation
point to record the distance of cell migration; the distance was measured and analyzed by
using ImageJ software.

2.9. Alizarin Red Staining (ARS)

ARS was performed to evaluate intracellular mineral deposition. DPCs were seeded at
6 × 104 cells/well in a 12-well plate and were then treated with LPS. Subsequently, they were
cultured with ASP, ACP/PLLA-PLGA membrane extract, or ASP/PLGA-ASP/ACP/PLLA-
PLGA composite membrane extract, α-MEM only was used for the control group. When the
cells reached approximately 80% confluence, the medium was replaced with osteogenic differ-
entiation media that contained 100 nM dexamethasone, 10 mM sodium β-glycerophosphate,
and 10 nM L-ascorbic acid (Sigma-Aldrich, Saint Louis, MO, USA). After being cultured for
14 days, the cells were then fixed in 4% paraformaldehyde, washed with phosphate-buffered
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saline to remove fixative residues, and stained using a 2% ARS solution (Sigma-Aldrich, Saint
Louis, MO, USA). The samples were subjected to a microscopy analysis for the qualitative
evaluation of the differentiation. For the quantitative evaluation, ARS was dissolved in 5%
perchloric acid; cellular absorbance was then measured at 490 nm using a Varioskan Flash
(Thermo Fisher Scientific, Waltham, MA, USA) microplate spectrophotometer.

2.10. Quantitative Polymerase Chain Reaction (qPCR)

DPCs were seeded at 1 × 105 cells/well in a 6-well plate and were then treated with LPS.
Cells were cultured for 7 days in osteogenic media with the membrane extract. The relative
expression levels of osteogenic/odontogenic markers alkaline phosphatase (ALP), dentin
sialophosphoprotein (DSPP), dentin matrix protein1 (DMP1), Bone Sialoprotein (BSP) and
inflammatory cytokines tumor necrosis factor-α (TNF-α), interleukin-1β (IL-1β), interleukin-
6 (IL-6), interleukin-8 (IL-8) were evaluated by using qPCR. Ribonucleic acid (RNA) was
extracted from each group of DPCs by using TRIzol (Invitrogen); the total RNA was then
reverse-transcribed to cDNA by using the Moloney murine leukemia virus reverse transcrip-
tase (Promega, Madison, WI, USA). qPCR was performed by using SYBR Green Master Mix
(Roche, Indianapolis, IN, USA) with 0.5 μL cDNA and 200 nM specific primers (listed in
Table 1); the housekeeping gene GAPDH served as an internal control. The reactions were
performed by using an ABI PRISM 7500 Sequence Detection System (Applied Biosystems,
Foster City, CA, USA). The results were analyzed by using Prism 6 software.

Table 1. Primers used for quantitative PCR.

Target Gene Sequence

GAPDH forward: GAGAAGGCTGGGGCTCATTT
reverse: TAAGCAGTTGGTGGTGCAGG

ALP forward: ATCTTCCTGGGCGATGGGAT
reverse: CCACATATGGGAAGCGGTCC

DMP1 forward: TTGTGAACTACGGAGGGTAGAGG
reverse: CTGCTCTCCAAGGGTGGTG

DSPP forward: CATGGGCCATTCCAGTTCCTC
reverse: TCATGCACCAGGACACCACT

BSP forward: CGATTTCCAGTTCAGGGCAGT
reverse: TCCATAGCCCAGTGTTGTAGC

TNF-α forward: CACTTTGGAGTGATCGGCCC
reverse: CAGCTTGAGGGTTTGCTACAAC

IL-1β forward: TTCGAGGCACAAGGCACAA
reverse: TGGCTGCTTCAGACACTTGAG

IL-6 forward: CATCCTCGACGGCATCTCAG
reverse: TCACCAGGCAAGTCTCCTCA

IL-8 forward: AGTTTTTGAAGAGGGCTGAGA
reverse: TGCTTGAAGTTTCACTGGCATC

2.11. Enzyme-Linked Immunosorbent Assay (ELISA)

DPCs were seeded at a density of 1 × 105 cells/well in a 6-well plate and were then
treated with LPS. Cells treated with the membrane extract were cultured for 7 days. Cell
supernatants were collected; the levels of inflammatory cytokines TNF-α, IL-1β, and IL-6
were measured using enzyme-linked immunosorbent assay kits (MM-0181H2, MM-0049H2,
and MM-0122H2; Enzyme Immunobiology). The absorbance was measured at 450 nm by
using a microplate reader. The concentrations of the cytokines in the cells were analyzed
by using Prism 6.0 software.

2.12. Western Blot

DPCs were cultured for 14 days in osteogenic media with the membrane extract for
Western blot assays. The cells were harvested with a protein lysis buffer (Applygen, Bei-
jing, China). The protein concentration was determined by a BCA protein analysis kit
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(Pierce, Rockford, IL, USA). Equal aliquots of 40 μg of total protein were separated by
sodium dodecyl sulfate-polyacrylamide gel electrophoresis (SDS–PAGE) and transferred
to polyvinylidene difluoride membranes (PVDF) (Millipore, Bedford, MA, USA). After
blocking in 5% nonfat dry milk for 1 h, the proteins of interest were probed with primary
antibodies overnight at 4 ◦C: DSPP, DMP1, and osteocalcin (OCN) (Santa Cruz Biotech-
nology, Santa Cruz, CA, USA). After being incubated with secondary antibodies for 1 h,
the immunoblots were detected by the Western enhanced chemiluminescence blotting kit
(ECL, Applygen, Beijing, China).

2.13. Pulp Capping in the Rat Model

Healthy upper first molars from Sprague Dawley rats were used to establish the ex-
perimental pulpitis model for this investigation. Rats were anesthetized by using intraperi-
toneal injections of 10% chloral hydrate (Hushi, Shanghai, China). Cavity preparation
and pulp chamber opening were performed by using high-speed turbine tooth drill burs
(BR49, ISO001008) with a terminal diameter of 0.5 mm. Coronal pulpal tissue was dam-
aged by using sterile #40 K-files, treated for 30 min with sterile cotton balls that had been
soaked in 1 μg/mL of LPS, and then rinse with saline; bleeding was controlled with a small
cotton pellet with gentle pressure. The ASP/PLGA-ASP/ACP/PLLA-PLGA composite
membrane was placed in the cavity over the exposed pulp. Mineral trioxide aggregate
(MTA; Dentsply, York, PA, USA) was used to treat the contralateral cavity as a control. The
cavity was then sealed with glass-ionomer cement (GIC; Fuji IX, Shizuoka, Japan). After
8 weeks in a specific pathogen-free laboratory, the rats were sacrificed by CO2 inhalation.
The specimens were then fixed, decalcified, and sectioned (4 μm). Hematoxylin–eosin
staining was performed, and DMP1 expression was detected via immunohistochemistry.

2.14. Statistical Analysis

Statistical analyses were performed by using SPSS Statistics 23.0 software (IBM Corp.,
Armonk, NY, USA). The groups were compared by using a one-way analysis of variance.
p-values < 0.05 were considered statistically significant.

3. Results

3.1. Characterization of Electrospinning Composite Membranes

Figure 1A shows the morphology of ASP/PLGA-ASP/ACP/PLLA-PLGA membranes
under a camera. Membranes were observed with white and smooth surface features. SEM was
further used to determine the morphological details of the membranes. It can be seen in Fig-
ure 1E–H that the electrospun membranes were composed of many nanofibers, the diameters
of which mainly ranged from 600 nm to 1400 nm. Although the nanofibers of the ASP/PLGA-
ASP/ACP/PLLA-PLGA and ASP/ACP/PLLA membranes exhibited no difference at low
magnifications, there are some protuberances presenting on the PLLA membrane at higher
magnifications. EDS mapping (Figure 2A) was employed here to analyze the chemical compo-
sition of these protuberances. The results revealed strong Ca and P signals at the protuberance
site, indicating these protuberances were the agglomerated ACP powders that we added in. To
determine that the ACP powders were in amorphous phases, TEM and XRD were carried out
here. Figure 2B reveals the TEM morphology of ACP samples. The samples showed a curvilin-
ear appearance with a typical diffraction pattern of an amorphous halo ring. Furthermore, the
XRD pattern (Figure 2C) showed no discernable peaks of crystalline calcium phosphate but
a characteristic hump of an amorphous phase at around 30◦, which was consistent with the
TEM results. Apart from the difference in the nanofibers, there were also some differences in
the cross-section structure between the ASP/ACP/PLLA and ASP/PLGA-ASP/ACP/PLLA-
PLGA membranes. The cross-section images of the ASP/PLGA-ASP/ACP/PLLA-PLGA
membrane (Figure 1C) clearly exhibited a sandwich structure composed of three layers of mem-
branes, while the ASP/ACP/PLLA membrane was only observed with a single layer of the
membrane (Figure 1D). The contact angle of ASP/ACP/PLLA (inner layer) and PLGA (outer
layer) was tested to find out the hydrophilic change in the membrane before and after PLGA
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coverage. Figure 1B shows that the ASP/PLGA-ASP/ACP/PLLA-PLGA membrane possessed
a smaller contact angle (87.1 ± 3.4◦) as compared to that of the ASP/ACP/PLLA membrane
(126.8 ± 5.1◦), showing the improvement effect of PLGA coating on the hydrophilicity of the
ASP/ACP/PLLA membrane.

Figure 1. The surface and cross-section morphology, diameter distribution, and hydrophilic-
ity of ASP/PLGA-ASP/ACP/PLLA-PLGA membranes. (A) The morphology of ASP/PLGA-
ASP/ACP/PLLA-PLGA membranes under the camera. (B) The contact angle of the ASP/PLGA-
ASP/ACP/PLLA-PLGA membrane was significantly lower than that of the ASP/ACP/PLLA
membrane. (C–H) Diameter distribution and surface as well as cross-section microscopic
images of electrospun membranes. (C,E,G) ASP/PLGA-ASP/ACP/PLLA-PLGA membrane;
(D,F,H) ASP/ACP/PLLA membrane. * p < 0.05.

3.2. In Vitro Degradation and Release Experiments

The in vitro degradation experiment was conducted by measuring the mass loss and
media pH variation over a period of 21 days. The mass loss of the electrospun membrane
stayed at a slow but constant speed during the whole in vitro experiment. It can be seen
from Figure 3A that the remaining mass of the membrane was 85% of the original mass at
the end of the study. Figure 3B shows that the pH value of the degradation media was lower
in the first nine days while being higher the rest of the time. During the whole degradation
experiment, the pH value varied in a relatively small range: from 6.8 to 7.2. As for the
in vitro release experiments, both the aspirin and ion release profiles were tested. Figure 2D
shows that almost all of the aspirin was successfully loaded in the ASP/ACP/PLLA
and ASP/PLGA-ASP/ACP/PLLA-PLGA membranes. The aspirin release profile of the
ASP/PLGA-ASP/ACP/PLLA-PLGA membrane is shown in Figure 3C. It can be seen that
the aspirin release rate was fast in the first week; more than half of the loading amount
was released during this time. After day seven, a decreased release rate was observed, and
almost 80% of the aspirin was released from the membrane at the end of the experiment.
Figure 3D exhibits the release curves of Ca2+ and PO4

3−. Compared with aspirin, the ion
release rates were somewhat faster, with the observation of an obvious initial burst release.
Approximately 75% of the Ca2+ and PO4

3− were released from the membrane on the first
day. After the burst release, the Ca2+ and PO4

3− were released in a slower but constant
pattern until day 21.
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Figure 2. The element composition of ASP/PLGA-ASP/ACP/PLLA-PLGA membranes and the
crystalline phases of ACP. (A) C, O, Ca, and P element distribution of the ASP/ACP/PLLA membrane.
(B) TEM images and (C) XRD pattern of the ACP sample. (D) The aspirin loading efficiency of the
ASP/ACP/PLLA and ASP/PLGA-ASP/ACP/PLLA-PLGA membranes.

Figure 3. The degradation and release properties of ASP/PLGA-ASP/ACP/PLLA-PLGA membranes.
(A) The remaining mass, (B) media pH value, (C) aspirin release profile, and (D) ion release profiles
over a period of 21 days.
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3.3. Effects of the Composite Membrane on DPCs Proliferation, Adhesion and Migration

The CCK-8 analysis showed that the DPCs treated with the composite membrane
extract grew stably, with proliferation rates higher than the control group on day seven
(Figure 4A). DPCs proliferation rate significantly decreased after LPS treatment. The
proliferation rate increased when ASP was added; it further increased after ASP/PLGA-
ASP/ACP/PLLA-PLGA treatment. There were significant differences among groups in
terms of the numbers of viable cells on 1, 5, and 7 days. (p < 0.05) (Figure 4B). DPCs
were inoculated on the composite membrane surface and stained with phalloidin/DAPI;
Figure 4C indicates that DPCs could colonize and grow on the composite membrane. The
cell scratch test was used to examine cell migration abilities; the DPCs migration rate was
significantly higher after treatment with ASP and the composite membrane compared with
other groups (Figure 4D,E).

Figure 4. Effects of the ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane on DPCs pro-
liferation, adhesion, and migration. (A) A CCK-8 assay showed stable DPCs growth. There was
a significant difference in the cell proliferation rate between the ASP/PLGA-ASP/ACP/PLLA-
PLGA and the control group on day 7 (p < 0.05). (B) A CCK8 assay showed the effects of the
ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane on DPCs proliferation after LPS treatment.
(C) Adhered DAPI-labeled DPCs on the ASP/PLGA-ASP/ACP/PLLA-PLGA and ASP/ACP/PLLA
membranes were visualized by using a confocal microscope at 24 h. (D,E) Cell migration rates in the
ASP/PLGA-ASP/ACP/PLLA-PLGA and other groups. (* p < 0.05, ** p < 0.01, and *** p < 0.001).
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3.4. Effects of Composite Membrane on the Mineralization and Odontogenic Differentiation of iDPCs

The mineralization-inducing ability of the composite membrane was assessed by using
ARS. After 21 days of culturing in osteogenic media, mineralized nodules were stained
red with ARS. Mineralized nodule formation significantly decreased after LPS treatment,
while it increased after the addition of ASP and PLGA-ACP/PLLA-PLGA. The ASP/PLGA-
ASP/ACP/PLLA-PLGA group demonstrated significantly more mineralization according
to the ARS findings (Figure 5A). The odontogenic differentiation ability was investigated
via qPCR and Western blot through the detection of differentiation-related biomarkers.
Both RNA expression levels of ALP, DMP1, DSPP, BSP and protein expression levels of
DMP1, DSPP, OCN were reduced in dental pulp cells under inflammatory conditions. they
recovered or increased after ASP or PLGA-ACP/PLLA-PLGA treatment and significantly
increased after ASP/PLGA-ASP/ACP/PLLA-PLGA membrane treatment. (Figure 5B,C).

Figure 5. Effects of the ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane on mineralization
and odontogenesis expression in DPCs. (A) Mineralized nodule formation was detected by using
alizarin red staining on day 21. (B) mRNA expression levels of ALP, DMP1, DSPP, and BSP were
detected by using qPCR on day 14. (C) The protein expression levels of DSPP, DMP1, and OCN by
using Western blot on day 14. (* p < 0.05, ** p < 0.01, and *** p < 0.001).
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3.5. Effects of the Composite Membrane on Inflammatory Cytokine Expression in iDPCs

In order to assess the anti-inflammatory effects of the composite membrane, the levels
of inflammatory biomarkers were measured by using qPCR. The mRNA expression levels
of the inflammatory cytokines IL-1β, IL-6, TNF-α, and IL-8 were higher in iDPCs than in
DPCs. After treatment with ASP or the ASP/PLGA-ASP/ACP/PLLA-PLGA composite
membrane, the mRNA expression levels of inflammatory cytokines significantly decreased
in iDPCs (Figure 6A). Enzyme-linked immunosorbent assays also showed that ASP and
composite membrane treatments significantly downregulated the expression levels of
TNF-α, IL-1β, and IL-6 (Figure 6B).

Figure 6. Effects of the ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane on cytokine ex-
pression in DPCs. (A) The mRNA expression levels of IL-1β, IL-6, IL-8, and TNF-α were detected by a
qPCR analysis on day 7. (B) The IL-1β, IL-6, and TNF-α expression levels in the cell supernatant were
determined by using enzyme-linked immunosorbent assays. (* p < 0.05, ** p < 0.01, and *** p < 0.001).

3.6. Effect of the ASP/PLGA-ASP/ACP/PLLA-PLGA Composite Membrane for Dental-Pulp-Capping
In Vivo

The in vivo effects of the ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane
as a pulp-capping material was investigated in a rat dental pulpitis model. Pulp tissues
treated with LPS became necrotic at eight weeks (Figure 7B,C). Newly formed dentin-like
tissue was observed in both the ASP/PLGA-ASP/ACP/PLLA-PLGA (Figure 7D) and MTA
groups (Figure 7E) at eight weeks. The immunohistochemical staining results showed
higher DMP1 expression in the ASP/PLGA-ASP/ACP/PLLA-PLGA group than in the
MTA group (Figure 7I,J).
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Figure 7. Hematoxylin–eosin staining (A–E) and immunohistochemical staining (F–J) showed newly
formed tissues. (A,F) Normal group, (B,G) LPS group, (C,H) LPS + GIC group, (D,I) MTA + GIC
group, and (E,J) ASP/PLGA-ASP/ACP/PLLA-PLGA + GIC group. RD: reparative dentin-like tissue.
The arrows indicate DMP1-positive cells.

4. Discussion

Dental caries and trauma often lead to dental pulp exposure. The dysplasia of enamel
and dentin caused by some genetic diseases may also lead to dental pulp tissue being
vulnerable to damage [21–23]. Vital pulp therapy is important for clinical treatment be-
cause vital pulp tissue promotes root development in young permanent teeth [24,25]; it
also provides resistance to biting forces, thus reducing the risk of root fractures [26,27].
The long-term prognosis of teeth treated by root canal therapy is worse than vital pulp
teeth [28]. The biological basis for vital pulp therapy lies in the repair and regeneration
capacity of the dental pulp. The dental pulp contains many undifferentiated mesenchy-
mal stem cells with high proliferation and multi-differentiation potentials [29]. When
the pulp is infected, odontoblasts become seriously damaged, and various inflammatory
cytokines are produced [30]. Under these circumstances, prompt infection control allows
DPCs to migrate to the injury site and repair the defective dentin, thus forming a hard
tissue barrier and enabling the re-establishment of tissue homeostasis and health [31,32].
Conversely, persistent inflammation induces an immune response that can lead to tissue
necrosis. Therefore, the timely control of early pulpitis is crucial for dental pulp repair and
regeneration [33–35].

The anti-inflammatory drug, ASP, used in this study exerts favorable anti-inflammatory
effects by inhibiting cell cyclooxygenase, blocking the conversion of prostaglandins into
arachidonic acid, and reducing the production of inflammatory mediators. It can also
inhibit the expression of nuclear-factor-κB-mediated inflammatory cytokines (e.g., TNF-α),
which has important anti-inflammatory effects [36–39]. Aspirin is widely used in bone
regeneration [40]. Studies have confirmed that aspirin can promote the osteogenic differen-
tiation of mesenchymal stem cells and inhibits the expression of inflammatory factors to
activate osteoblasts and inhibit osteoclasts [41]. The effect of aspirin on bone regeneration
is dose-dependent. The intervention of low-dose aspirin on mesenchymal cells may inhibit
the differentiation and formation of RANKL-induced osteoclasts as well as significantly
reduce the number of trap-positive osteoclasts [42]. The dose of aspirin is an important
factor affecting cell proliferation, differentiation, and migration. High doses of aspirin will
inhibit cell proliferation [43]. In recent years, many studies have loaded aspirin on different
materials, and the composite application of these materials is conducive to controlling
the released concentration of aspirin. Similarly, the effect of aspirin on dental pulp cells
is dose-dependent [44]. Low concentrations of ASP can promote DPCs proliferation and
reduce the expression levels of inflammatory cytokines, including TNF-α and IL-6. Low
concentrations of ASP can also promote odontoblast differentiation of DPCs through the

267



J. Funct. Biomater. 2022, 13, 106

Wnt/β-catenin pathway [44–46]. However, there is some evidence that high concentrations
of ASP can inhibit DPCs proliferation and lead to cell death [47]. Therefore, an optimal
ASP concentration is necessary for effective inflammation control and the avoidance of
cell death during pulp capping. In this study, the lower layer of the composite membrane
quickly released high concentrations of ASP to inhibit the early stages of inflammation;
the middle layer allowed for the long-term slow release of low concentrations of ASP
during the later stages of inflammation, thus promoting DPCs proliferation and differenti-
ation. When studying the effect of anti-inflammatory drugs on cells in an inflammatory
state, in vitro inflammatory models are usually used. LPS is often used to establish an
inflammatory microenvironment in vitro [48–50]. According to previous studies, treating
human dental pulp cells (HDPCs) with LPS with a concentration of 1 μg/mL is the ap-
propriate method to simulate an inflammatory microenvironment in vitro [51]. Therefore,
this study used 1 μg/mL LPS to establish an in vitro inflammatory microenvironment
model of HDPCs for in vitro research. Our results showed that the expression levels of the
inflammatory cytokines IL-1β, IL-6, IL-8, and TNF-α were significantly increased in LPS-
induced inflammatory-reacted dental pulp cells, but they decreased after treatment with
the composite membrane. Thus, ASP has a positive effect on the repair of the inflammatory
dental pulp.

Ideally, pulp capping should be able to repair the damaged pulp and the material can
be replaced by reparative dentin. Therefore, the pulp-capping material should be biodegrad-
able. Meanwhile, some physical and chemical properties of pulp-capping materials, such
as the pH value and calcium ion release, are also crucial because they will have a direct
impact on the repair process of dental pulp tissue [52,53]. ACP is a hydroxyapatite precursor
with good biocompatibility and biodegradability [54,55]. It can alter cell function and tissue
differentiation by releasing calcium ions to promote cell osteogenic differentiation [56].
ACP/PLLA scaffolds can continuously release calcium and phosphorus ions. The biological
activity of a pulp-capping agent is related to its ability to release calcium ions. Studies have
confirmed that increasing the concentration of calcium ions can increase the expression
of osteocalcin (OPN) and bone morphogenetic protein-2 (BMP-2) as well as stimulate the
release of proteoglycans and growth factors of a mineralized dentin matrix. Then, the undif-
ferentiated pulp stem cells migrate to the injury site, proliferate, and differentiate to form an
extracellular matrix and promote mineralization [52,57]. The ACP-mediated directional dif-
ferentiation of mesenchymal stem cells is affected by the concentration of free calcium ions;
if the concentration decreases in the surrounding environment, osteogenic differentiation is
reduced [58]. As a drug delivery carrier and scaffold material, PLLA has some problems,
such as its weak stability of hydrophilic components and the burst release phenomenon,
which need to be improved [59]. For the slow and long-term release of calcium ions, our
ACP/PLLA scaffolds were coated with the PLGA membrane, which is biocompatible and
has a sustained release capacity. This membrane can regulate the degradation rate, ensure
the long-term maintenance of the drug concentration, and avoid “peak and valley” phenom-
ena [60,61]. In this study, the release of calcium and phosphorus ions from the composite
membrane was steady, suggesting that the structure of the composite membrane could
achieve the controlled release of calcium and phosphorus ions. The metabolites of PLLA in
the body are lactic acid, and the metabolites of PLGA in the body are lactic acid and glycolic
acid. These monomers are metabolized in the body through the tricarboxylic acid cycle, and
the final metabolites, carbon dioxide and water, have no toxic effect on cells [62–65]. PLGA
and PLLA can be used as suitable microcarriers to achieve sustained drug release [66,67].
As a scaffold material, PLGA is conducive to the colonization of cells (such as SHED, DP-
SCs, and dental pulp fibroblasts), and on PLGA scaffolds, stem cells can differentiate into
odontoblast-like cells and endothelial cells, producing tissues similar to dental pulp and
dentin [68]. The outer PLGA membrane layer improves the superficial hydrophilicity of the
composite membrane [69,70]. This hydrophilic property ameliorates the biocompatibility of
the ASP/PLGA-ASP/ACP/PLLA-PLGA membrane, as well as increasing its favorability
for cell adhesion [71,72]. The rapid adhesion of cells will initiate the differentiation process
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in the early stage, resulting in a satisfactory odontogenic differentiation at the end [73–75].
Moreover, an acidic environment not only suppresses the viability of bone-related cells but
also inhibits their mineralization process [76,77]. Previous studies have confirmed that an
increase in alkaline pH will enhance the expression of BMP-2 mRNA and ALP activity in
dental pulp cells, but that exorbitant pH will lead to excessive calcium ion release, induce
dystrophic calcification in exposed dental pulp areas, reduce the volume of the reparative
dental pulp, and may hinder any future dental pulp treatment [57,78]. In this work, the
addition of ACP, an alkaline agent [79], in the membrane neutralizes the acidic degradation
byproducts of PLLA and PLGA in addition to maintaining a neutral environment, which
we believe is also conducive to odontogenic differentiation.

In this study, the effect of the composite membrane on iDPCs proliferation and
odontoblastic differentiation after LPS treatment was more than the effects of ASP or
ACP/PLLA/PLGA scaffolds alone. This finding is potentially the case because the early
release of ASP controlled inflammation and created a suitable environment for cell pro-
liferation and differentiation, while the subsequent controlled release of ASP and ACP
promoted a microenvironment that aided in pulp tissue repair.

The purpose of this paper was to solve the problem of preserving vital pulp in clinical
practice. The rat pulp-capping model was used for eight weeks of observations. In future
studies, the observation time should be extended, and large animals should be used to
further observe the pulp-capping effect of the material. In addition, for the release of anti-
inflammatory drugs, such as aspirin, in pulp-capping materials, inflammatory responsive
controlled release materials can be further designed for different inflammatory states so as to
more accurately regulate the pulp inflammation state. This paper provides a new idea and
theoretical basis for the design and application of vital dental pulp preservation materials.

5. Conclusions

In this study, the composite application of aspirin, amorphous calcium phosphate,
and PLLA/PLGA scaffold materials was used to develop a pulp-capping material with
multiple effects for the repair of the injured dental pulp. The ASP/PLGA-ASP/ACP/PLLA-
PLGA composite membrane developed in this study allowed for the sequential release of
the anti-inflammatory drug aspirin as well as the calcium/phosphorus ions required for
mineralization; The mass loss of the membrane stayed at a slow but constant speed, with
a relatively stable pH value during degradation; it also promoted the proliferation and
odontogenic differentiation of iDPCs, while inhibiting inflammatory cytokine release. It
had the dual effects of reducing inflammation and promoting mineralized barrier formation.
The ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane represents a promising
vital pulp conservation material with the potential for clinical applications.

The application of composite materials for pulp therapy can combine the advantages
of multiple materials, but it also faces great challenges because the mechanism of action
between composites is complex and needs to be further explored. We will further evaluate
the biological properties of the material and conduct long-term in vivo studies to assess
the effectiveness of ASP/PLGA-ASP/ACP/PLLA-PLGA composite membrane as a vital
pulp-capping agent in clinical applications.
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Abbreviations

BSP Bone Sialoprotein
DCM Dichloromethane
DMF Dimethyl Formamide
DMP Dentin matrix protein
DPCs Dental pulp stem cells
DSPP Dentin sialophosphoprotein
EDS Energy-dispersive spectrometer
GIC Glass-ionomer cement
HDPCs Human dental pulp cells
iDPCs Inflamed dental pulp stem cells
IL Interleukin
LPS Lipopolysaccharide
MTA Mineral trioxide aggregate
OCN Osteocalcin
OPN Osteopontin
PBS Phosphate buffered solution
PLGA Poly (lactic-co-glycolic acid)
PLLA Poly (L-lactic acid)
qPCR Quantitative Polymerase Chain Reaction
RNA Ribonucleic Acid
SEM Scanning electron microscope
SHED Stem cells from human exfoliated deciduous teeth
TEM Transmission electron microscope
TNF Tumor necrosis factor
XRD X-ray diffraction
α-MEM Minimum Essential Medium-Alpha
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Abstract: Polyvinyl alcohol (PVA) hydrogels are considered to be ideal materials for tissue engineer-
ing due to their high water content, low frictional behavior, and good biocompatibility. However, their
limited mechanical properties restrict them from being applied when repairing load-bearing tissue.
Inspired by the composition of mussels, we fabricated polyvinyl alcohol/hydroxyapatite/tannic
acid (PVA/HA/TA) hydrogels through a facile freeze–thawing method. The resulting composite
hydrogels exhibited high moisture content, porous structures, and good mechanical properties. The
compressive strength and tensile strength of PVA hydrogels were improved from 0.77 ± 0.11 MPa
and 0.08 ± 0.01 MPa to approximately 3.69 ± 0.41 MPa and 0.43 ± 0.01 MPa, respectively, for the
PVA/HA/1.5TA hydrogel. The toughness and the compressive elastic modulus of PVA/HA/1.5TA
hydrogel also attained 0.86 ± 0.02 MJm−3 and 0.11 ± 0.02 MPa, which was approximately 11 times
and 5 times higher than the PVA hydrogel, respectively. The PVA/HA/1.5TA hydrogel also exhibited
fatigue resistance abilities. The mechanical properties of the composite hydrogels were improved
through the introduction of TA. Furthermore, in vitro PVA/HA/1.5TA hydrogel showed excellent
cytocompatibility by promoting cell proliferation in vitro. Scanning electron microscopy analysis
indicated that PVA/HA/1.5TA hydrogels provided favorable circumstances for cell adhesion. The
aforementioned results also indicate that the composite hydrogels had potential applications in bone
tissue engineering, and this study provides a facile method to improve the mechanical properties of
PVA hydrogel.

Keywords: bone regeneration; hydrogels; mechanical properties; polyvinyl alcohol; tannic acid

1. Introduction

Bone is the main weight-bearing tissue of the human body, and plays an essential role
in supporting, protecting, transporting, and producing blood cells [1]. Specifically, tens of
millions of people suffer from bone defects caused by trauma, developmental deformities,
or tumor resection, which can influence their quality of life [2–4]. Natural bone can self-
heal, to a certain extent, but large bone regeneration remains a major challenge, especially
for load-bearing bone defects [5,6]. Although traditional autologous allografts are used
clinically to repair large segments of bone defects, they still show various disadvantages,
including a shortage of sources, additional trauma, need for a second surgery, and the high
risk of disease transmission [6–8]. These complications motivate researchers to find suitable
methods to repair defects.

Tissue engineering is an alternative strategy that uses a combination of seed cells,
biological factors, and scaffolds to repair or replace damaged tissues [9,10]. The ideal bone
scaffolds should require suitable mechanical properties, inter-connectivity, porous structure,
and excellent biocompatibility [11,12]. Among the optional material candidates, hydrogel
plays a vital role in biomedical and biopharmaceutical treatments due to its resemblance to
the extracellular matrix of natural tissues [13–15].
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Polyvinyl alcohol (PVA) hydrogels have been widely used in tissue engineering due
to their high water content, non-toxicity, and good biocompatibility [16]. However, the
application of PVA hydrogels in bone tissue regeneration is restricted by their limited
mechanical strength [17]. PVA hydrogels can be synthesized by physical and chemical
methods. PVA hydrogels prepared by physical freeze–thawing methods can form crystal
nuclei and hydrogen bonds to increase the crosslinked density of hydrogel networks, which
can improve the mechanical properties [18]. Due to hydroxyapatite (HA) being one of the
main components of bone tissue, it is often added in PVA hydrogels to mimic the structure
and composition of natural bone tissue [19]. Recently, there have been significant efforts
to design PVA/HA hydrogels for bone tissue engineering. HA was deposited in situ to
fabricate the PVA/HA hydrogels with porous structures, but the compressive strength
only attained 0.8 MPa [20]. A porous polyvinyl alcohol/sodium alginate/hydroxyapatite
composite hydrogel with tunable structure and mechanical properties was fabricated by a
dual-crosslinking method [16]. However, the pore size was about 1μm and the optimized
compressive modulus was about 50 kPa. Hydroxypropyl guar was used to improve
mechanical properties of PVA/HA hydrogels and the compressive strength the hydrogels
attained was approximately 7 MPa [21], but the addition of HPG decreased the cell viability
of MC3T3-E1 on HPG/PVA/n-HA. By utilizing in situ HA synthesis, the biocompatibility
of PVA/HA hydrogels was enhanced [22]. However, there were no pores on the surface of
the composite hydrogels, which hindered the nutrient and waste transportation of cells.
Therefore, it is still a challenge to synthesize porous PVA/HA hydrogels with excellent
mechanical properties and good biocompatibility.

Inspired by the structure and composition of mussels, catechol-based molecules, pep-
tides, and polymers have been widely applied in tissue engineering [23]. For example, some
researchers use the catechol groups in polydopamine (PDA) to form covalent/non-covalent
bonds with different materials to modify the hydrogels [24]. However, their expensive
price and dark color limit the practical applications of PDA. Tannic acid (TA) is moderate in
color and cheaper than PDA. TA is a natural polyphenol, which is composed of pyrogallol
and catechol groups [24]. TA can be crosslinked with other macromolecules through hydro-
gen bonds, ionic bonds, coordination bonds, and hydrophobic interactions [25–27]. The
introduction of TA into PVA hydrogels was reported to improve the mechanical properties
of hydrogels through hydrogen bonds [25–27].

In this study, PVA was used as the raw material to fabricate the composite hydrogels
with the introduction of TA and HA into the PVA hydrogel using a facile physical method.
The chemical and physical properties, microstructures, mechanical properties, and bio-
compatibility of PVA/HA/TA hydrogels were examined. Our study demonstrated that
the introduction of TA and HA into the PVA hydrogel could improve mechanical strength
and provide a suitable microenvironment for cell adhesion, proliferation, and composite
hydrogels. These results showed potential applications in bone tissue engineering.

2. Materials and Methods

2.1. Materials

PVA-117 (Mw = 145,000) and TA (Aladdin Reagent Co., Ltd., Shanghai, China). Hy-
droxyapatite (Macklin Reagent Co., Ltd., Shanghai, China). Mouse pre-osteoblasts (MC3T3-
E1) cells (Fenghui Biotechnology Co., Changsha, China), Fetal bovine serum (FBS), alpha
minimum essential medium (α-MEM), and penicillin/streptomycin (Gibco, Invitrogen,
Carlsbad, CA, USA). CCK8 kit and Live/Dead assay kit (Beyotime Biological Co. Ltd.,
Shanghai, China), Deionized water (UPR-IV-10 T, China).

2.2. Preparation of PVA/HA/TA Hydrogels

PVA (10 g, 10 wt%) and TA (0, 0.5 g, 1 g and 1.5 g, 0.5 wt%, 1 wt% and 1.5 wt%) were
dissolved in 100 mL deionized water with the assistance of vigorous stirring for 3 h at
90 ◦C. Then, HA (5 g, 5 wt%) powders were added into the mixed solution and stirred
to disperse homogeneously for 1 h at 90 ◦C. The final mixed solution was held for 1 h
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at room temperature to remove air bubbles. Next, the solution was poured into molds.
Finally, the solution was frozen at −20 ◦C for 20 h and thawed at room temperature for 4 h.
After five cycles of the freeze–thawing process, PVA/HA/TA hydrogels were prepared.
These processes were the same as the synthesis of PVA hydrogel. The hydrogels with
different contents of TA were named PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA,
and PVA/HA/1.5TA, respectively.

2.3. Fourier Transform Infrared Spectroscopy

Fourier transform infrared spectroscopy (FTIR) spectra of HA, PVA, TA, PVA/HA,
and PVA/HA/0.5TA were obtained using an FTIR Spectrometer (Bruker, Alpha, Germany)
in the transmittance mode within the range of 4000–450 cm−1 at a resolution of 4 cm−1

intervals, and the spectra plots represented 32 scans. Samples were mixed with KBr pellets
to prepare the specimens for FTIR.

2.4. Scanning Electron Microscope

The microstructures of HA, PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1TA, and
PVA/HA/1.5TA hydrogels were observed by a scanning electron microscope (SEM, JEOL
JSM-7100F, Japan) with an accelerating voltage of 5 kV. Before observation, the samples
were freeze-dried and all samples were sputtered with platinum (Pt) prior to testing. The
drying process consisted of putting the composite hydrogels into the liquid nitrogen for
5 min to pre-freeze before the pre-frozen hydrogels were moved into a freeze-dryer for
2 days of lyophilization.

2.5. Porosity

The porosity of the composite hydrogels was determined by a previous solvent immer-
sion method, with slight modifications [28]. The freeze-dried hydrogels were cut into the
same shape, weighed, and submerged into alcohol for 3 min. After taking out the samples,
the extra alcohol was removed and the weight of the samples was measured. The porosity
was calculated as follows:

Porosity(%) =
W2 − W1

Vρ
× 100%

where W2 and W1 are the weight of the sample before and after immersion, respectively,
V was the volume of the samples before immersion, and ρ was the density of alcohol. All
tests were repeated 3 times.

2.6. Water Content

The water content of the composite hydrogels was calculated through the weight
change of hydrogels before and after removing water. Filter paper was used to remove
water from the surface of composite hydrogels before they were weighed. The moisture
content was calculated using the followed equation:

Water content(%) =
W4 − W3

W4
× 100%

W4 and W3 were the weight of the hydrogels before and after freeze-drying, respectively.
All tests were repeated three times.

2.7. Mechanical Tests

The uniaxial tensile test was conducted on an electronic universal testing machine
(Instron 5544, Boston, MA, USA) at room temperature. The samples for the compression
tests were prepared in a cylinder shape (diameter of 15 mm, thickness of 10 mm) with a
2000 N sensor. The samples for tensile tests were prepared in a dumbbell shape (length of
30 mm, width of 4 mm, and thickness of 1 mm) with a 50 N sensor. The tensile strength
and elongation of the hydrogels were measured at a strain rate of 50 mm·min−1 until

276



J. Funct. Biomater. 2022, 13, 140

breakage occurred. For the compression tests, the hydrogels were placed between the
self-leveling plates and compressed at a rate of 5 mm·min−1 until the maximum strain
reached 95%. The compressive elastic modulus was calculated at a slope range of 5–20%
strain on the stress–strain curves. Toughness was obtained from the tensile stress–strain as
the following equation:

Toughness =
∫ εmax

0
σdε

where σ was the stress (MPa) and ε was the strain. For each sample, tests were measured at
least 3 times and the average was reported.

Cyclic loading and unloading tests were also conducted on an electronic universal
testing machine. The samples for the tests were prepared in the same way as the aforemen-
tioned samples. The rates of the tensile and compression tests were at 50 mm·min−1 and
5 mm·min−1, respectively. The cyclic loading−unloading test was performed to investigate
the energy dissipation mechanism of the hydrogels. The dissipated energy was calculated
as the following equation:

Uhys =
∫ εx

0
(σload − σunload)dε

here, σload and σunload were the loading and unloading stress. For each sample, tests were
measured at least three times.

2.8. Cell Culture

The MC3T3-E1 cells were cultured in the alpha minimum essential medium (α-MEM,
Gibco, Carlsbad, CA, USA), which contains 10% fetal bovine serum (FBS, Gibco, Carlsbad,
CA, USA) and 1% penicillin-streptomycin (Gibco, Carlsbad, CA, USA) solution for the
5% CO2 incubator at 37 ◦C. The culture medium was refreshed every other day.

2.9. Cell Viability

All hydrogels were sterilized by autoclaving for one day and were washed by PBS
three times before cell seeding. The as-prepared hydrogels were placed in a 24-well plate
and were immersed in an α-MEM medium for 1 day. MC3T3-E1 was seeded onto the disk,
PVA, PVA/HA, and PVA/HA/1.5TA at a density of 2 × 104 cells per well. Then, cells were
incubated for 1 or 5 days. A live/dead assay (Beyotime, Nantong, China) kit was used to
determine the cytotoxicity of PVA/HA/1.5TA hydrogels. The medium was removed and
the samples were washed with PBS twice, and the live/dead working solution was then
added to each well. The live cells were stained with green, and dead cells were stained
with red.

2.10. Cell Proliferation

A cell counting kit-8 (CCK-8, Beyotime, Nantong, China) was used to determine cell
proliferation. The medium was removed and the samples were placed in a new 24-well
culture plate after being washed with PBS twice. The 10% CCK-8 fresh culture medium
was added to every well and incubated for 4 h in the dark at 37 ◦C. The optical density
(OD) was measured by using a microplate reader (Biorad iMark, Hercules, CA, USA) at a
wavelength of 450 nm.

2.11. Cell Morphology

The cell morphology on the hydrogels was observed by SEM. Cells were seeded on
the 24 well-plates. After cultivating for 1 day, samples were rinsed with PBS three times
and fixed with 2.5% glutaraldehyde. The samples were then dehydrated in sequence using
a gradient series of ethanol (50%, 60%, 70%, 80%, 90% and 100%) for 10 min. The acquired
samples were observed by SEM with platinum (Pt).
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2.12. Statistical Analysis

All data were presented as mean ± standard error values, and analyzed using
SPSS 14.0. A Student’s t-test or one-way ANOVA was used to evaluate the difference
in means between different groups; p < 0.05 was considered statistically significant.

3. Results and Discussion

3.1. Preparation of PVA/HA/TA Hydrogels

The preparation process of the composite hydrogels is briefly shown in Figure 1a.
Figure 1b shows the chemical structures of the PVA and TA molecules. The TA molecule
possessed a five-polyphenol-arm structure with 25 hydroxyl groups, which could form
hydrogen bonds with hydroxyl groups on PVA and HA. As the contents of TA increased,
the color of the hydrogels turned dark and opaque, as shown at Figure 1a. The hydroxyl
groups between the PVA and TA molecules could form hydrogen bonds to build a robust
physical crosslinked network. During the cyclic freeze–thawing processes, crystalline of
PVA chains was also associated with multiple hydrogen bonds among HA, TA, and PVA
molecules to densify the molecule network, as shown at Figure 1b. HA also served to
mimic the natural bone structure and composition in PVA/HA/TA hydrogels.

Figure 1. Schematic illustration of the preparation process (a) for the PVA/HA/TA hydrogel (from left
to right, the hydrogels are PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA, and PVA/HA/1.5TA)
and the chemical structures (b) of the PVA/HA/TA hydrogel.

3.2. Characterization of PVA/HA/TA Hydrogels
3.2.1. Fourier Transform Infrared Spectroscopy Analysis of Hydrogels

To analyze the compositions and structural changes of the composite hydrogels, the
pure PVA, HA, TA, PVA/HA, and PVA/HA/TA hydrogels were investigated by Fourier
transform infrared spectroscopy (FTIR) analysis, as shown in Figure 2. The PVA exhibited
characteristic absorption bands of -OH stretching vibrations at 3277 cm−1, -CH2 symmetric
stretching vibrations at 2943 cm−1, and C-O stretching vibration at 1086 cm−1. The HA
exhibited the characteristic absorption bands of PO4

3− at 1044 cm−1 and 962 cm−1. After
the introduction of TA into the PVA/HA hydrogels, the absorption bands of the -OH
stretching vibration shifted to lower wavenumbers at 3271 cm−1. According to previous
studies, the formation of hydrogen bonds intra- and inter-molecule reduced the force
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constants of the -OH groups, which resulted in the shift of vibrational frequencies to
lower wavenumbers [25–27]. The significant shifts of the absorption bands toward lower
wavenumbers were due to the formation of hydrogen bonds when adding TA into the
PVA/HA hydrogels. In addition, PVA/HA/TA hydrogels exhibited characteristic vibration
peaks of TA at 1712 cm−1 (C=O), 1536 cm−1, and 1443 cm−1 (aromatic C-C), which implied
the successful synthesis of PVA/HA/TA hydrogels via a facile and reliable method.

Figure 2. The FTIR spectra of PVA, HA, TA, PVA/HA, and PVA/HA/TA hydrogels.

3.2.2. Microstructure of Hydrogels

The microstructure of the hydrogels was characterized by scanning electron mi-
croscopy (SEM). As illustrated in Figure 3, the microstructures of the PVA, PVA/HA,
PVA/HA/0.5TA, PVA/HA/1.0TA, and PVA/HA/1.5TA hydrogels presented intercon-
nected porous structures. The interconnected microstructures of the composite hydrogels
were beneficial for cell attachment and proliferation, which could promote new bone forma-
tion. Meanwhile, the numerous pore structures provide abundant space for drug diffusion
and release [29]. After adding the HA, the microstructure of PVA hydrogels remained
unchanged and the distribution of the pores was still uniform. Compared with PVA and
PVA/HA hydrogels, the pore size of PVA/HA/TA hydrogels became smaller due to the
dense crosslinked network. When the content of TA attained 1.5%, continuous pores still
existed, but the diameter of the pores was reduced to less than 10μm. The TA molecules
might serve as new crosslinked points to form a dense crosslinked network [30].

Figure 3. The SEM image of PVA (a), PVA/HA (b), PVA/HA/0.5TA (c), PVA/HA/1.0TA (d), and
PVA/HA/1.5TA (e) hydrogels. Scale bars: 10 μm.

279



J. Funct. Biomater. 2022, 13, 140

3.2.3. Porosity and Water Content of Hydrogels

The porosities of the PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA, and PVA/
HA/1.5TA hydrogels were 88.4 ± 0.5%, 84.1 ± 1.2%, 80.7 ± 0.6%, 78.0 ± 1.2%, and
72.6 ± 0.7%, respectively (Figure 4a). The newly formed hydrogen bonds resulted in a
significant decrease in the porosity ratio of the composite hydrogels (p < 0.05). However, ap-
propriate porosity was beneficial for cell proliferation and nutrient transportation [29], and
the high porosity provided abundant space for drug diffusion and controlled release [30].
Previous studies have demonstrated that suitable porosity (70%) of hydrogel scaffolds is
required to create new bone tissue [31].

 
(a) 

(b) 

Figure 4. The porosity (a) and water content (b) of PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA,
and PVA/HA/1.5TA hydrogels. * p < 0.05 compared to PVA group.

The water content was an important characteristic for hydrogels as tissue regen-
erative materials, which directly influenced the nutrient transport [32]. As shown in
Figure 4b, the water contents of the PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA,
and PVA/HA/1.5TA hydrogels were 91.1 ± 0.4%, 87.4 ± 0.5%, 86.5 ± 0.5%, 85.1 ± 0.1%,
and 83.5 ± 0.4%, respectively. The water content of the composite hydrogels decreased
significantly with the increase in TA content (p < 0.05). PVA contained many hydroxyl
groups and it was easy to form hydrogen bonds with TA, which resulted in a lower water
content, though the water content of the PVA/HA/1.5TA hydrogels still attained 83.51%.

3.2.4. Mechanical Properties of Hydrogels

An ideal hydrogel for tissue engineering should satisfy the mechanical requirements
of different tissues. Excellent mechanical performance is a necessary requirement for hy-
drogels applied in bone-tissue engineering. Therefore, a series of mechanical experiments
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were carried out with composite hydrogels. The PVA/HA/1.5TA hydrogel was able to
bear bending and knotting and could withstand compression to a large strain without
the occurrence of damage (Figure 5a). The PVA/HA/1.5TA hydrogel could load with
approximately 2.0 L water (Figure 5b). The tensile and compressive stress–strain curves
of the composite hydrogels are presented in Figure 5c,d. The mechanical performances
of composite hydrogels were improved after the introduction of TA. The compressive
strengths of the PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA, and PVA/HA/1.5TA
hydrogels were 0.77 ± 0.11 MPa, 1.20 ± 0.05 MPa, 1.60 ± 0.23 MPa, 2.05 ± 0.16 MPa, and
3.69 ± 0.41 MPa, respectively. The compressive elastic modulus of the PVA/HA/1.5TA
hydrogels was 0.111 ± 0.17 MPa, which was five times higher than the PVA hydrogels
(p < 0.05). The tensile strength of the PVA hydrogel was only 0.08 ± 0.01 MPa, but the
tensile strength of PVA/HA/1.5TA attained 0.42 ± 0.01 MPa after the addition of TA. The
fracture toughness also significantly increased from 0.07 ± 0.01 MJm−3 for the PVA hydro-
gel to 0.86 ± 0.02 MJm−3 for PVA/HA/1.5TA (p < 0.05). In a previous study, a biomimetic
porous hydrogel was fabricated using interactions between amino hydroxyapatite and
gelatin/gellan gum, the compressive stress of this hydrogel at 80% strain only attained
approximately 0.7 MPa [33]. When the PVA was solely combined with HA, the mechanical
properties of the PVA/HA hydrogel were only slightly improved. Therefore, the intro-
duction of TA was favorable for the improvement of mechanical strength and toughness.
The improvements of the tensile and compressive performance of the composite hydrogels
were due to the numerous hydrogen bonds that formed between the abundant hydroxyl
groups of PVA, HA, and TA. In comparison to previous studies, a nanomaterial was intro-
duced into the PVA hydrogels to improve their mechanical properties, and the compressive
strength was only 600 kPa [34]. By adding a magnesium oxide nanoparticle and black
phosphorus nanosheet into polyvinyl alcohol/chitosan hydrogel, a multifunctional hy-
drogel was fabricated to repair the bone defects. However, the compressive strength and
elastic modulus of the hydrogels only attained 70 kPa and 3 kPa, respectively [35]. The
PVA/HA/TA hydrogels in our study not only exhibited porous structures and high water
contents, but also exhibited excellent mechanical properties. The strain of PVA/HA/0.5TA
was 248.6 ± 0.1% and the strain of PVA/HA/1.5TA was 221.5 ± 2.0% (Figure 5g).

The energy dissipation ability of the hydrogels influenced their practical applica-
tions [36]. Hydrogen bonds were able to store and dissipate the energy effectively to
improve the mechanical properties of composite hydrogels [37]. In this study, the PVA/HA
hydrogel and PVA/HA/1.5TA hydrogel were chosen to confirm the dissipation ability
of hydrogels at varying strains. As shown in Figure 6, the PVA/HA/1.5TA hydrogel
presented pronounced hysteresis loops during the loading–unloading processes. The
PVA/HA/1.5TA hydrogel showed more dissipated energy than the PVA/HA hydrogel
did. The dissipated energy of the PVA/HA/1.5TA hydrogel increased two times and four
times, respectively, in comparison to the PVA/HA hydrogel at 80% compressive strain and
at 200% tensile strain; this may be due to richer hydrogen bonds in the PVA/HA/1.5TA
hydrogel. Previous studies have demonstrated that the strong hydrogen bonds could serve
as permanent crosslink points, while weak hydrogen bonds could break and reconstruct to
dissipate the energy in PVA/TA hydrogels during the loading–unloading cycles [26].

For application as bone-tissue materials, hydrogels were required to bear repetitive
force for a short period of time. In this study, ten cyclic loading–unloading compressive
tests were performed on the PVA/HA/1.5TA hydrogel at fixed strains to evaluate its
stability. As shown in Figure 7, the maximum force decreased slightly after every cycle in
the force–time curve and the residual strains remained small in the stress–strain curve. The
stress–strain of PVA/HA/1.5TA hydrogel nearly coincide from the third to tenth loading
cycles. After ten successive cycles, the maximum stress still remained 74.1% of the initial
stress. The PVA/HA/1.5TA hydrogels exhibited excellent energy dissipation abilities and
good mechanical stability. The physical crosslinked network may dynamically break and
reconstruct during the loading–unloading processes.
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Figure 5. Photographs of PVA/HA/TA hydrogel stretching (a) while withstanding a weight of
2 L water. (b,c) Compressive curves of the PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA,
and PVA/HA/1.5TA hydrogels. (d) Tensile curves of the PVA, PVA/HA, PVA/HA/0.5TA,
PVA/HA/1.0TA, and PVA/HA/1.5TA hydrogels. (e) Elastic modulus of PVA, PVA/HA,
PVA/HA/0.5TA, PVA/HA/1.0TA, and PVA/HA/1.5TA hydrogels. (f) Compressive stress and
toughness of PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA, and PVA/HA/1.5TA hydrogels.
(g) Tensile strength and breakage elongation of PVA, PVA/HA, PVA/HA/0.5TA, PVA/HA/1.0TA,
and PVA/HA/1.5TA hydrogels. * p < 0.05 compared to the PVA group.

3.3. Biological Properties of Hydrogels
3.3.1. Cell Viability and Proliferation

The PVA/HA/1.5TA hydrogel exhibited excellent mechanical properties with high wa-
ter content and porosity, so it was chosen for cell experiments. Cell viability was evaluated
by using live/dead staining assays at 1 and 5 days. (Figure 8a). All hydrogels were shown
to be nontoxic to cells with few dead cells during the culture period. The density of the
cells on the hydrogels increased with culture time. Compared to the PVA hydrogel, more
cells were observed on PVA/HA/1.5TA hydrogel, which indicates that the TA and HA
enhanced cell viability. Cell proliferation on the different hydrogels was assessed by CCK-8
proliferation assays at 1, 3, and 5 days. According to Figure 8b, the CCK-8 absorption of cells
on each hydrogel increased with culture time, which indicates that the PVA/HA/1.5TA
hydrogel did not affect the MC3T3-E1 proliferation. The cell proliferation of the control
group was higher than the PVA group at 1 day (p < 0.05). During the experimental groups,
the PVA/HA/1.5TA was shown to have higher proliferation than the PVA group at 3 days
(p < 0.05). After 5 days, the absorbance values of the PVA/HA/1.5TA composite hydrogel
were higher than the PVA and PVA/HA hydrogels (p < 0.05). PVA/HA/1.5TA hydrogel
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could promote cell proliferation better than PVA hydrogel. The aforementioned results
proved that the biocompatibility of the PVA/HA/1.5TA hydrogel is good.

Figure 6. (a) Loading–unloading compressive test and tensile test of PVA/HA (a,d) and
PVA/HA/1.5TA (b,e) under different strain values and the calculated dissipated energy (curve
area) (c,f) of the PVA/HA and PVA/HA/1.5TA hydrogels during the loading–unloading cycles with
different strains.
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(a) (b) 

Figure 7. The load–time curve (a) and stress–strain curve (b) of ten successive compression–relaxation
cycles of the PVA/HA/1.5TA hydrogel.

(a) 

 
(b) 

Figure 8. Cell viability and proliferation of MC3T3-E1 cells. (a) Live/dead assay for the viability of
MC3T3-E1 cells on different hydrogels for 1 day and 5 days. (b) CCK8 assays for the proliferation of
MC3T3-E1 cells on different hydrogels for 1, 3, and 5 day(s). (* p < 0.05, ** p < 0.01). Scale bar: 200 um.
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3.3.2. Cell Morphology

SEM images presented how the different hydrogels affected the spread of MC3T3-E1
cells (Figure 9). The cells spread on the surface of the PVA/HA/1.5TA hydrogels with
obvious pseudopodia for 1 day. In contrast, cells on the PVA and PVA/HA hydrogels were
not fully extended, which indicates that the PVA/HA/1.5TA hydrogels could provide a
better environment for MC3T3-E1 cell adhesion than PVA and PVA/HA hydrogels. The
PVA exhibited a low adhesion ability for cells due to the hydrophilic materials [38,39]. On
the PVA/HA hydrogel, we observed that the cells were attached and had begun to spread.
After the introduction of TA, it could be seen that there was more cell adhesion. Previous
studies showed that bone-cells tended to grow on rigid substrates [20]. Therefore, the
PVA/HA/1.5TA hydrogels might provide a suitable microenvironment for MC3T3-E1 cell
growth due to their excellent mechanical properties and proper porosity.

Figure 9. Cell morphologies of MC3T3-E1 on the PVA (a), PVA/HA (b), and PVA/HA/1.5TA
(c) hydrogels. Scale bar: 10 um.

4. Conclusions

In this study, a new composite hydrogel with high water content, porous structures,
excellent mechanical properties, and good biocompatibility were fabricated via a facile
physical method. The high porosity and porous structure of the PVA/HA/TA hydrogels
are beneficial for cell nutrient and waste transport. The microstructures and mechanical
properties of the composite hydrogels could be flexibly adjusted by adjusting the content
of TA. In addition, the PVA/HA/TA hydrogels were shown to be more favorable for cell
proliferation, spreading, and adhesion. This study shows the potential applications of
composite hydrogels in bone tissue engineering. However, the mechanical properties of
these composite hydrogels were still lower than natural bone, and the biofunctions of
composite hydrogels in vivo also need to be evaluated in further studies.
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Abstract: Bone has a special structure that is both stiff and elastic, and the composition of bone
confers it with an exceptional mechanical property. However, bone substitute materials that are made
of the same hydroxyapatite (HA) and collagen do not offer the same mechanical properties. It is
important for bionic bone preparation to understand the structure of bone and the mineralization
process and factors. In this paper, the research on the mineralization of collagen is reviewed in terms
of the mechanical properties in recent years. Firstly, the structure and mechanical properties of bone
are analyzed, and the differences of bone in different parts are described. Then, different scaffolds for
bone repair are suggested considering bone repair sites. Mineralized collagen seems to be a better
option for new composite scaffolds. Last, the paper introduces the most common method to prepare
mineralized collagen and summarizes the factors influencing collagen mineralization and methods
to analyze its mechanical properties. In conclusion, mineralized collagen is thought to be an ideal
bone substitute material because it promotes faster development. Among the factors that promote
collagen mineralization, more attention should be given to the mechanical loading factors of bone.

Keywords: bone; biomaterial; collagen; mineralization; biomechanics

1. Introduction

Bone is a stiff, strong, and tough organ that serves as a vital supporting organ in the
body. It is composed of a hierarchically structured and naturally optimized bone matrix.
Furthermore, it has an abundance of blood vessels and nerves that can constantly carry out
metabolism, growth, and development, as well as reconstruct, repair, and regenerate [1].
The human body contains a total of 206 bones. Except for the six auditory ossicles that
belong to the receptors, bones are classified according to their location as the skull, ver-
tebrae, and limb bones [2]. Bone is classified into four types based on its morphological
characteristics: flat bone (such as the spine), long bone (such as the humerus, femur, etc.),
short bone (such as the carpal bone), and irregular bone (such as plate scapula). The
long bones provide structural support for the motor system and support body movement,
whereas the flat, short, and irregular bones can fill and protect the body (such as the skull)
and help the body complete life activities more flexibly and efficiently (such as sesamoid
bone) [2].

1.1. Composition and Structure of Natural Bone

Bone tissue is a complex structure composed of inorganic and organic matter, making
it one of the most complex compounds in nature. It is primarily composed of inorganic
(65%) and organic phases (30%) [3]. The perfect combination of organic and inorganic
materials gives the bones good stiffness and toughness. The inorganic phase is composed of
calcium phosphate, primarily HA (HA, Ca10(PO4)6(OH)2), and is stiff and strong, making it
an ideal carrier for mineralized collagen [4]. Type I collagen is the main organic component
of the bone matrix. Osteoblasts are the cells that produce collagen. The general process is
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as follows: first, the collagen polypeptide helical chain is synthesized, and then the peptide
chain is modified by amino acid (proline and lysine) hydroxylation to self-assemble the
triple helix to form collagen fibrils [5]. Individual collagen fibrils are approximately 1.6 nm
in diameter and 300 nm in length [6]. Collagen fiber mineralization begins when the body
synthesizes collagen fibrils; that is, the collagen fibers are forming in a periodic structure.
While collagen fibers assemble, the inside and outside gaps are filled with HA nanocrystals,
and mineralized collagen is formed [7]. These mineralized collagen fibers serve as the
foundation for cortical and cancellous bone [8].

The structure of natural bone tissue has a multiscale and multilevel range from micro
to macro. Weiner and Wagner first proposed a seven-level hierarchical structure of bone
tissue by studying the femur [9]. From macro to micro, the sequence is as follows: the whole
bone tissue, cancellous and dense bone, cylindrical Haversian canal (bone unit), the parallel
or staggered arrangement of mineralized collagen fiber bundles, mineralized collagen
fiber bundles, micron-scale mineralized collagen fibers, and nanoscale HA and collagen
molecules [9]. Procollagen microfibers are the smallest unit of bone tissue composition,
and it is assembled in an orderly hierarchical manner to form a macroscopic bone in
general. Reznikov et al. further classified bone tissue into a nine-level hierarchical structure
based on this [10]. The previously proposed hierarchical structure theory was expanded to
include structures at the histological hierarchy (100 nm) and lamellar bone structures (10
μm). They then revealed the crystal morphology and orientation patterns by extracting
slices of the lower femoral neck, using scanning transmission electron microscopy and
three-dimensional (3D) reconstruction and electron diffraction, and combing them with
crystallographic data to establish the corresponding model and broaden the structure of
the bone to 12 layers (Figure 1) [11].

Figure 1. Twelve-level hierarchical structure of bone.
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1.2. Mechanical Properties of Natural Bone

Bone possesses the exceptional properties of both collagen and HA, namely rigidity
and toughness [12], making it an ideal structural material for the human body that is light
but strong. Numerous studies have revealed that bone strength is affected not only by
its composition but also by bone mass, geometry, and microstructure. The anisotropic
behavior of bone materials and the magnitude of stress intensity vary slightly across the
bone [13]. On the microscopic level, the needle-shaped inorganic salt crystals are primarily
arranged longitudinally along the collagen fibrils, whose primary function is to connect
and constrain the longitudinal fibers so that they are not unstable under compressive and
bending loads [14]. Collagen, on the other hand, binds to inorganic salt crystals, and
collagen is a common biopolymer that can provide toughness to biologically hard tissue
materials [15]. The hollow beam structure of bone can greatly improve the bending strength
without increasing the weight [16,17] (Figure 2A). Furthermore, the internal organization
of the bone demonstrates that it is a reasonable load-bearing structure. According to the
comprehensive stress analysis, the area that bears high stress also has high strength. The
arrangement of femoral trabeculae, for example, is very similar to the stress distribution.
To withstand greater stress, materials with higher density and strength are arranged in the
internal structure of bone in the high-stress area [18].

It is an anisotropic and uneven bone composite material, and its mechanical properties
are evidently different individually and by parts, as is the hardness of bones in different
parts. As one of the most important properties of bone, bone hardness includes elastic
deformation and plastic deformation. The nanoindentation method was used to measure
the hardness of human bones, which provided valuable data for the preparation of bone
repair materials (Table 1) [19–23].

 

Figure 2. Cont.
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Figure 2. (A) Representation of the curve beam model of bone, Reprinted with permission from
Ref. [17] (2023, Springer Nature). (B) Bone can be divided into two types: cortical bone and cancellous
bone. Right panel: Typical stress-strain curves of cortical and cancellous bone, Reprinted with
permission from Ref [24] (2023, JMNI). (C) Integrated small angle X-ray scattering (SAXS) intensity
of mineralized and unmineralized regions. (D) Correlation between tissue and fibril strain in the
mineralized and unmineralized spots. (E) Image of tendon after 4 h of mineralization. (F) Schematic
of the evolution of strains during tendon mineralization. In the mineralized area, collagen fibers
shrink Reprinted with permission from Ref. [25] (2023, AAAS).

The bone has several irregular marrow cavities due to its structure. Bone is classified
into two types based on its size and density: cortical (dense) and cancellous (spongy)
(Figure 2B). The proportion of each bone varies; however, on average, cortical and cancel-
lous bones account for approximately 80% and 20% of the bone, respectively. These two
skeletal components are identical, but macroscopic and microscopic structures differ [24].
The cortical bone serves as the shell of the entire skeleton. The gap within cortical bone
is much smaller. The cortical bone has a porosity of 5–10% and an apparent density of
1.5–1.8 g/cm3 [26]. Cancellous bone is found at the end of the bone or within it, surrounded
by outer cortical bone. Cancellous bone consists of thin columns called trabeculae that are
loose and dense, with porosity of 50–90% and an apparent density of 0.5–1.0 g/cm3 [27].
Porosity is one of the most crucial factors that affect the mechanical properties of bone.
As a result of significant differences in porosity, the mechanical properties of cortical and
cancellous bones are significant. Cortical bone can be tolerant of higher stress (approxi-
mately 150 MPa) and lower strain (approximately 3%) before failure, and cancellous bone
can be tolerant of lower stress (approximately 50 MPa) and higher strain (approximately
50%) before failure [24]. Furthermore, the distribution of cortical and cancellous bones
in the body varies. Cancellous bone is commonly found in the long bone metaphysis,
vertebral body, and the interior of the pelvis. By contrast, cortical bone is lamellar and
commonly found on the surface of the long bone diaphysis and cancellous bone (such
as the vertebral body and pelvis). Furthermore, collagen fibrils are mineralized with HA
during bone formation. Mineral precipitation has been shown in studies to cause collagen
fibril contraction of collagen fibrils at stress levels of several megapascals. The dimension
of the stress depends on the type and quantity of mineral [25].

2. Biomechanical Properties of Biomimetic Bone Materials

In recent decades, bone tissue engineering has received great attention because of its
potential to repair the bone matrix of traumatic or nontraumatic destruction. However,
because of the different contents of cortical bone and cancellous bone, the biomechanical
properties of different parts and shapes of bone are also quite different [24]. In this study,
we briefly describe the common types of bone repair and the scaffolds for bone repair.
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2.1. Common Types of Bone Repair

Bone differentiates into various shapes and structures based on its roles and functions.
Correspondingly, the contents of cortical and cancellous bones vary depending on their
location and shape [24]. This indicates that the biomechanical properties of these bones are
quite different because of their different porosities [28,29]. There are several classification
methods for bone in the academic world. In this study, we divided human bone into
load-bearing bone and non-weight-bearing bones according to the location and load size of
the bone. Load-bearing bones bear most of the load of the human body, including mainly
the spine, limb bones, and joints, whereas non-weight-bearing bones include mainly the
skull, maxillofacial, orbital bones, and ear ossicles.

The knee joint bears the maximum joint pressure in daily life, which is approximately
4–4.5 times the body weight [29]. Furthermore, when the body walks, this multiplies
further [30]. The hip joint, ankle joint, wrist joint, and other load-bearing parts are subjected
to a great deal of stress [31]. When the skeleton is damaged, such as a common bone disease
osteoporosis, bone with this condition will become very fragile and prone to fracture,
especially in weight-bearing areas such as the pelvis, hips, wrists, and spine [32]. This
implies that scaffolds with a similar strength to the original bone need to be designed
and that when considering biomimetic alternatives for these parts, materials with good
mechanical properties must be chosen.

Compared with load-bearing bone, non-weight-bearing bone is subjected to less
mechanical load and has more roles in filling and protection [29]. In recent years, because
of the development of medical aesthetics and dentistry, some non-weight-bearing bone
replacement materials have received extensive attention (Table 1). Its application can be
roughly divided into two parts: non-weight-bearing bone orthopedic implants and bone
defect filling. Non-weight-bearing bone orthopedic implants are mainly used in orbital
implantation, ossicular replacement, and nasal bone injury. In addition, the main methods
of bone defect filling are alveolar ridge elevation, tooth replacement, and maxillofacial
reconstruction. For bone defect repair, we summarized different reference repair materials
for different sites of the bone defect (Table 1). According to the different application
scenarios of restorative materials, orthopedic implants can be divided into non-weight-
bearing and load-bearing implants.

Table 1. Application of bone repair materials in common sites.

Repair Site
Vickers Hardness

[19–23]
Material

Properties
Application

Features
Example

Load bearing bone

Limb bones 40.39–44.59 HV

Metals and Alloys
Weight-bearing,

Correction,
Immobilization

Nano-titanium and
Ti-6Al-4V alloy

[29]

Joints 38.55 HV
Spine 25.47–32.80 HV
Ribs 37.35 HV
Skull 39.86 HV

Non-weight-
bearing

bone

Maxillofacial 43.54 HV

Bioceramics Fill, Support,
Protect

Calcium
Phosphate, HA

[33–35]

Orbital 42.95 HV
Dental 278–285 HV

Middle ear bone 54.11 HV

Cartilage 0.317 HB Polymer Fill, patch, join,
join

Collagen and PLA
nanofibers [36,37]

Maxillofacial 43.54 HV Composite
material

Fill, repair HA-Collagen
[38–41]Dental 278–285 HV

2.2. Load Bearing Implant

Load-bearing implants are artificial knee joint and hip joint prostheses and interver-
tebral fusion, which are used for the limbs and trunk of the implants. These implants do
not only have the effect of filling defects but also need to bear the weight and load in the
process of movement of patients; therefore, they need higher mechanical properties [42].
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Metal (Figure 3) has become the preferred material for load-bearing implants because of its
excellent mechanical characteristic and ability to withstand physiological loads. Typically,
these materials are stainless steel, cobalt-chromium (Co-Cr) alloy, titanium (Ti), and Ti
alloy [43,44]. Although Co-Cr alloy has excellent corrosion resistance, its friction property is
poor, which limits its application in joint prostheses. Of all these metals, Ti and its alloys are
the most resistant to corrosion [45,46]. Several Ti alloys, such as Ti-6Al-4V and Ti-6Al-7Nb,
have sufficient strength and corrosion resistance [47]. However, its main drawbacks are its
high cost, poor wear performance, oxygen diffusion to Ti during manufacturing and heat
treatment, and dissolved oxygen, which causes Ti embrittlement [48]. In addition, some
problems are inevitable. The difference in Young’s modulus between metallic materials and
bone induces changes in the mechanical stress field, leading to adaptive remodeling and
a decrease in local bone density [49,50]. Moreover, the adverse effects of metal materials
implanted in the human body need to be reduced caused by fatigue fracture, corrosion,
and metal corrosion [51].

Figure 3. Common bone material scaffolds: (a) Femoral stem and articular concave scaffold; (b) HA-
coated metal scaffold, Reprinted with permission from Ref. [46] (2023, Elsevier). (c,d) the 3D-printed
vertebral body, Reprinted with permission from Ref. [52] (2023, Elsevier). (e–i) 3D alginate/collagen
scaffold preparation process, Reprinted with permission from Ref. [53] (2023, ACS).

Researchers have created porous scaffolds to improve scaffold performance by re-
ducing the influence of stress shielding in metals and alloys [54]. The final density, pore
size, material type, and preparation parameters all significantly impact the mechanical
properties of porous scaffolds [45]. For example, when the porosity increased from 55%
to 75%, the strength of the spongiform bone-like biomimetic Ti scaffold decreased from
120 MPa to 35 MPa [55]. In general, with increasing porosity, the effect of stress shielding
is gradually weakened, and it is more conducive to the growth of cells between tissues.
However, although high porosity can provide space for bone growth, which is conducive to
implant fixation, with increasing porosity, the strength and extensibility of porous structure
will decrease; therefore, the porosity also needs to be controlled within a certain range [56].
It is necessary to control the porosity and pore size of the scaffold accurately. Among the
several methods, 3D printing has attracted much attention because of its excellent prop-
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erties, which designs scaffolds with not only different shapes and sizes but also different
pore percentages and mechanical strengths [57].

2.3. Non-Weight-Bearing Bone Implants

Non-weight-bearing bone implants are mainly internal fixation implants such as
bone plates and bone screws, and filling implants are applied to repair bone defects
in non-weight-bearing areas [58]. These implants are used for structural fixation and
filling but generally are not used for load bearing. In addition to metal materials for some
internal fixation implants, degradable polymer and ceramic materials with similar inorganic
composition to bone are preferred materials for non-weight-bearing bone implants [38,39].
Polymers, bioceramics, and composite materials can be classified based on their chemical
structures.

Polymers can control the shape, structure, and chemical composition of materials and
can be used to fabricate bioscaffolds as artificial biomaterials. Polymeric biomaterials are
typically implanted into the human body in various forms, such as tissue scaffolds, gels,
particles, or films and degraded into non-toxic products that are absorbed or excreted by
the human body through enzymatic reactions [40]. Synthetic polymers, such as poly (a-
hydroxy acid), are degraded in vivo to non-toxic lactic acid and glycolic acid, which can be
eliminated from the human body by through normal excretion [41,59]. Although synthetic
polymer materials are relatively easy to process into a pore scaffold, they may also produce
acidic degradation products and change the pH around the tissue. This change in pH
affects cell behavior and survival and causes tissue inflammation [60]. Natural biological
materials do not have the problems that polymers do, and they have excellent biological
activity, biocompatibility, and controllable degradation, all of which are crucial components
of tissue engineering materials [61]. Naturally derived biomaterials are typically divided
into two categories: protein-based biomaterials, such as collagen and sericin, and glycosyl
biomaterials, such as hyaluronic acid and cellulose [62]. However, the degradation rate of
naturally derived biomaterials in vivo is not only difficult to control and anticipate, but
the mechanical properties are also weak, and the uniformity of composition cannot be
regulated [53].

Ceramic material is a type of biological material with a crystal or partially crystal struc-
ture, which is stiff but fragile [63]. Moreover, its mechanical properties are associated with
chemical elements. Generally, the chemical elements used to make bioceramics are only a
small part of the periodic table, indicating that bioceramics can only be made of alumina, zir-
conia, carbon, and silicon- and calcium-containing compounds [64]. Therefore, bioceramics
have excellent biological functions and biocompatibility. For example, after implantation,
the formation of apatite on the surface of bioceramics makes the combination of internal
tissues and implants stronger [65]. However, its mechanical properties are influenced by
its elements and structure, making it stiff and fragile correspondingly [64]. Researchers
frequently consider incorporating biological active agents as composite materials.

There are many kinds of chemical elements in the human body. They interact with
each other and maintain life homeostasis together. A variety of metal elements, such as
magnesium (Mg), zinc (Zn), manganese (Mn), strontium (Sr), copper (Cu), cobalt (Co),
ferrum (Fe), aluminium (Al), nickel (Ni), and chromium (Cr), have been found to induce
proliferation during tissue regeneration [66]. They also play an important role in promoting
bone biomineralization [67]. Therefore, the introduction of metal elements can not only
improve the mechanical properties of HA bioceramics but also promote the proliferation,
differentiation, and migration of active cells in the bone to regulate bone mineralization.
The incorporation of magnesium into bioceramics can promote bone proliferation [68]. The
introduction of Hap into Fe can increase biocompatibility and blood compatibility [69].
In the biological experiment of β-SiAlON ceramics, the cells cultured on the surface of
β-SiAlON were observed. The increase in AlO2 concentration had no effect on cell adhesion
and spreading, but it may slightly inhibit cell proliferation at high concentrations. Low
AlO2 concentration helps to promote osteogenic differentiation and mineralized nodule
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formation [70]. Zn-containing bioceramic scaffolds in craniofacial bone repair experiments
show that soluble Zn2+ can promote osteogenic differentiation of adipose stem cells [71].
Boron silicate nanoparticles merged with Cu and Mn can be used for fusion bone repair and
anti-tumor therapy. It can enhance bone regeneration through the osteogenesis of Cu2 + and
Mn3 + and induce tumor cell apoptosis through Cu2+ and Mn3+ [72]. Sr is a trace element in
the human body that is beneficial to bone formation [73]. Sr has a strong affinity for bone.
Due to the physical and chemical similarity with Ca, the interaction of Sr in bone tissue is
similar to that of Ca [74]. Sr can inhibit the osteoclast differentiation of pre-osteoclast cells
and promote the expression of outcome cells and protein secretion. The subsequent rabbit
bone scaffold implantation experiment also proved this. The Sr-doped scaffold provides a
suitable environment for cell proliferation and differentiation during degradation [75,76].
In addition, the doping of some rare metals, such as praseodymium (Pr), erbium (Er), and
yttrium (Y), can also promote cell proliferation and differentiation [77–79].

Composites are typically made up of polymers and mineral salts, with the mineral
phase primarily consisting of phosphate, silicate, and other minerals [80]. Composite
materials combine polymer toughness and mineral hardness of minerals and become the
first choice for future biological materials. For example, Bogdan Conrad and Fan Yang
prepared scaffolds from HA-mineralized gelatin, whereas Chen et al. used HA-mineralized
silk fibroin (SF)/cellulose [81,82].

Bioglass incorporation into collagen scaffold as a relatively broad composite material
has attracted much attention due to its excellent degradability and stability. Bioglass is
an excellent biomaterial which is often used in bone defects. Before this, people often
combined polylactide-co-glycolide with organic glass to improve the mechanical properties
of composite scaffolds [83,84]. Collagen has become the preferred matrix for bioglass
doping among many biodegradable materials due to its excellent biocompatibility and
biological temperature [85]. In contrast, the incorporation of inorganic bioactive glass has
been shown to increase biological activity and mineralization, control scaffold degradation,
and improve the mechanical properties of collagen scaffolds [86,87]. Existing studies show
that in vivo, mineralized scaffolds doped with bioglass can promote the mineralization
of collagen. Nijsure et al. successfully prepared bioglass-incorporated electrochemically
aligned collagen [88]. The incorporation of bioglass-incorporated electrochemically aligned
collagen will enhance the mechanical properties and cell-mediated mineralization [88].
The dissolution product of the bioglass collagen composite scaffold stimulates osteoblast
differentiation and extracellular matrix mineralization in vitro without any osteogenic
supplement [89].

As an emerging option for composite materials, biomimetic mineralized collagen is
a highly mineralized composite material composed of collagen and HA. It has attracted
much attention because it has the same composition as the bone matrix. In addition,
their mechanical properties and microstructure are similar to the extracellular matrix of
native tissues [90]. Because of its exceptional biological activity, osseointegration, and
biological induction ability, it is widely favored by researchers. Wang Xiumei’s team
developed high-strength bone materials mimicking compact bone and completed the skull
defect experiment of adult ovis aries. The results showed excellent osseointegration and
osteogenic induction abilities [91,92]. In recent years, mineralized collagen-guided bone
tissue regeneration has gradually been used in oral clinical treatment, primarily for the
treatment of bone and soft tissue defects caused by periodontal disease or cysts [93–95].
Moreover, while mineralized collagen made good progress in repairing other bone defects,
it has the following limitations: the implant material lacks structural strength and requires
external fixation increasing patients’ pain. Notably, biomimetic mineralized collagen
materials, like other traditional bone repair materials, have not been widely used in clinical
practice due to insufficient mechanical strength [96]. How to improve mechanical strength
is also a research focus.
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3. Study to Improve the Mechanical Strength of Mineralized Collagen

Among the various methods for improving the mechanical properties of collagen,
in vitro biomimetic mineralization is an effective method for achieving the most accurate
simulation of natural bone tissue structure. According to the principle of biomimetics
and the metabolism law of human tissue, HA/collagen composite material construct not
only has the macroscopic structure of natural bone but also simulates its microscopic
characteristics, revealing the benefits of HA and collagen materials complementing each
other and significantly improving the compression modulus of the composite scaffold
added with HA [97]. It has excellent biocompatibility, bone conductivity, and osteoinductive
ability [98]. Numerous studies have been conducted to promote the collagen mineralization
process more effectively and enhance the degree of collagen mineralization. At present,
the factors affecting the in vitro biomimetic mineralization of collagen include mechanical,
biological, chemical, and collagen structure.

3.1. Force to Promote the Mineralization of Collagen

The process of bone healing is affected by several factors, such as biological, chemical,
and mechanical factors. Several studies have demonstrated that force acts directly on bone
matrix and then on cells. Bone remodeling requires the participation of osteoblasts and
osteoclasts. Osteoblasts and osteoclasts respond to force stimulation and show different
proliferation abilities and activities. During bone remodeling, mechanical force stimulates
the fracture site, accelerating bone formation and inhibiting bone resorption [99]. In contrast,
when the body is not stimulated by force for a long time (such as bed rest, joint fixation
after surgery, or exposure to a microgravity environment), the body will lose more skeleton.
In severe cases, osteoporosis will occur [100–102].

Various methods for simulating the force environment of osteoclasts and osteoblasts
in the bone matrix, including fluid shear stress, cyclic stretching, continuous compression
force, and mechanical stress from liquid perfusion or compressed air, have been developed
to investigate cellular responses to mechanical stimuli [103–110]. Physiological mechan-
ical loading enhances the antiapoptotic effect and promotes osteoblast proliferation and
differentiation, resulting in extracellular matrix formation and bone remodeling [106–108].

In addition, stress can induce the mineralization process of collagen. On the one
hand, stress can affect the self-assembly of collagen, and on the other hand, stress can also
induce collagen mineralization. The experiments were performed within a microfluidic
channel, and the size of the channel affects the angular size of the collagen alignment with
the axis of the microfluidic channel. Collagen fiber alignment decreases with increasing
channel size [109]. Du et al. used a cone-and-plate viscometer to provide fluid shear
stress [110]. The results showed that the formation of amorphous calcium phosphate (ACP)
was associated with its rate. Fluid shear stress can significantly affect the ACP by somatic
transformation and the crystal structure of HA transformed from precursors. Subsequently,
periodic shear stress was used again to induce collagen mineralization. The results showed
that periodic fluid shear stress could control the size of ACP, such as polyacrylic acid
(PAA), avoid aggregation, and contribute to the formation of intrafibrillar mineralization
(Figure 4A,B) [111]. Cyclic tensile experiments on demineralized bone demonstrated that
cyclic strain increased the migration of mineralized fluid with mineralized precursors
to the matrix, resulting in the formation of more calcium phosphate nanocrystals and
an increase in the elastic modulus of the collagen matrix (Figure 4C,D) [112]. However,
when a constant tensile force is added to the demineralized bone, the mineralization of the
demineralized bone is also inhibited. The experiments of Clinical Dentistry showed that
collagen mineralization could be more effectively induced by the flowing mineralization
solution under focused high-intensity ultrasound. In addition, the amount of mineral
formation is proportional to the exposure time [113].
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Figure 4. (A) Both PAA and periodic fluid shear stress (FSS) can control the generation of ACP
Reprinted with permission from Ref. [111] (2023, RSC). (B) SEM images of different mineralized
collagens. Figure b shows the PAA-induced normal IM collagen and figure c shows the periodic
FSS and TPP-co-induced oriented HIM collagen. The SEM image (b1–b2) shows that the FSS group
(Bc) is more neatly arranged than the PAA group (Bb), Reprinted with permission from Ref. [114]
(2023, MDPI). (C,D) The loading cycle relative to the control variable group and the static group. The
nucleation rate of mineralized collagen was higher in the stress group, Reprinted with permission
from Ref. [112] (2023, RSC).

3.2. Collagen Fiber Arrangement Affects Mineralization

The bone structure is constantly regulated by the mechanical environment during the
reorganization, thereby maintaining the mechanical strength. Bone is the basic structural
unit of cortical bone, which is composed of a concentric lamellar structure around the
central Haversian tube. Although the direction of the bone process is mainly parallel to
the long axis of the bone, the direction of collagen fibers in a single layer may vary greatly,
resulting in many models [10,115] proposed over the years. Over the years, researchers have
also studied the effect of collagen fiber orientation on the mechanical properties of bone
lamellar structure. The results also confirmed that collagen fiber orientation allows the bone
to withstand greater stress without breaking [116–118]. Similarly, in the in vitro biomimetic
mineralization experiment of collagen, it was also found that the arrangement of collagen
fibers had a great influence on the formation and deposition of HA. As we mentioned earlier,
type I collagen has a special amino acid sequence and triple helix structure. Cross-linking
generates new chemical bonds through amino acids on adjacent peptide chains, which can
improve the stability of collagen conception. In the body, cross-linking is an enzymatic
or non-enzymatically mediated enzymatic process mediated by lysyl oxidase to produce
trivalent collagen cross-linked pyridinoline (PYD) and deoxypyridino-line (DPD) [119]. In
the body, in in vitro experiments, researchers often change the structure of mineralized
collagen through physical or chemical cross-linking and then change the arrangement of
collagen fibers [120], just as the existence of cross-linking makes the collagen structure
different so that the mineralization of collagen is also different. Collagen with a different
cross-linking degree was prepared by gamma-ray irradiation. With the increase of cross-
linking degree, the pore structure of collagen became denser. The compact structure of
collagen enables HA to adhere to collagen fibers [121]. However, using glutaraldehyde
as a cross-linking agent to prepare mineralized collagen scaffolds, it was found that with
the increase of cross-linking agent, the arrangement of HAP crystals in collagen fibers
decreased, and improper use of cross-linking agent would inhibit the mineralization of
collagen [122].
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3.3. Other Methods to Promote the Mineralization of Collagen

In addition to in vitro biomineralization, other factors can promote collagen miner-
alization [111,123]. The use of a polymer-induced liquid precursor to mineralize collagen
fibers can result in nanostructures that are extremely similar to the bone tissue matrix,
according to nonclassical crystallization theory. Calcium ions gradually aggregate with
phosphate in this process to form ACP, which is distributed inside and outside collagen
fibers and converted to HA [124–126]. Polymers like polyvinyl phosphoric acid and PAA
help in the formation of nanosized ACP [127]. As a biological small molecule, poly-aspartic
acid can also control the formation of ACP, thereby achieving mineralization in collagen
fibers [112]. In recent years, studies have also focused on the phosphorylation of collagen.
Compared with the regulation of only orthophosphate, which can only form spherical min-
eralized crystals, needle-shaped mineralized crystals will be formed in the solution with the
addition of alkaline phosphatase (ALP), thereby forming petal-shaped crystals on collagen
(Figure 5A–F) [128]. In addition, subsequent experiments proved that compared with
fluid shear stress alone, the pore density, hydrophilicity, enzymatic stability, and thermal
stability of mineralized collagen were significantly improved after the addition of sodium
tripolyphosphate [119]. Several experimental factors influence the size and distribution of
HA nanocrystals in the pore region of collagen fibrils and among the fibrils by affecting the
formation and transportation of ACP [129,130]. According to previous studies, collagen as
the template for biomineralization, its fiber diameter, orientation, degree of cross-linking,
and degree of phosphorylation can all affect mineralization. For example, the diameter of
collagen affects the mineralization degree inside and outside of the fiber. A thicker collagen
fiber is not conducive for HA to enter the fiber and mineralization inside the fiber [131].
With increasing cross-linking, the collagen will become denser, which is conducive to the
deposition of HA and the production of highly mineralized collagen (Figure 5G–I) [121].

 

Figure 5. (A) Effect of different cross-linking degrees on collagen mineralization. With the increase of
collagen cross-linking, more and more HA is attached to the surface of collagen, and collagen fibers
are covered by HA (arrows), Reprinted with permission from Ref. [121] (2023, Elsevier). (B) The
effect of polyelectrolytes on the intrafibrillar mineralization [128]. (C) The effect of ALP promotion on
mineral crystal shape and crystallinity, c1–d2: the particles were rod-like (ALP), and a1–b2: granular
particles were formed, Reprinted with permission from Ref. [128] (2023, Elsevier).
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4. Method for Detecting Mechanical Properties of Mineralized Collagen

Although the mineralized collagen scaffolds have the same composition as bone,
achieving similar structure and mechanical properties to that of natural bone has always
been the focus and a challenge for researchers. In the preparation of mineralized collagen,
the detection methods and standards are particularly crucial. Currently, researchers test the
mechanical properties of collagen fibers, primarily from the macroscopic and microscopic
perspectives, to analyze the material’s mechanical properties. This study concentrated
on microscopic testing methods because macroscopic mechanical testing, or traditional
mechanical testing, is relatively well-developed (Table 2).

4.1. Macroscopic Mechanics Analysis Methods

There are numerous methods to analyze the mechanical properties of materials. The
traditional mechanical property testing techniques include stretching, bending, and torsion.
Various testing methods improve material performance parameter acquisition methods and
provide a broad avenue for material performance testing [132]. These traditional material
testing techniques were performed earlier, and we summarized the research status of several
typical testing methods in this study. The tensile test of materials can be divided into ex
situ and in situ stretching based on real-time observation. Ex situ stretching is traditional
stretching (Figure 6A,B). In addition, the branches are more complex and have several
directions for development [133]. The studies conducted by people using the extensometer
can measure not only the plastic deformation, elastic recovery, and tensile strength of the
material but also the test temperature, load frequency, holding load, amplitude, and other
parameters, and the total deformation of the specimen [134].

 

Figure 6. (A) Sample from the nano-tensile testing machine and ex situ observation, Reprinted with
permission from Ref. [133] (2023, Elsevier). (B) In situ observation of the sample, Reprinted with
permission from Ref. [132] (2023, Elsevier). (C) In situ stretching device for collagen fibers, Reprinted
with permission from Ref. [135] (2023, Elsevier). (D) In situ micro-mechanical tensile mechanical test
experiment by cow bone with AFM, Reprinted with permission from Ref. [136] (2023, Elsevier).

4.2. Microscopic Mechanics Analysis Methods

The continuous maturation of surface topography observation and internal structure
flaw detection technology benefits the development of in situ stretching. Surface topogra-
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phy can be observed in situ using charged-coupled device cameras, optical microscopes,
atomic force microscopy (AFM), scanning electron microscopy (SEM), and other instru-
ments. The crystal structure of the material was studied using an X-ray diffractometer and
a Raman spectrometer (Figure 6C,D) [132,135,136]. Micro-tensile, nanoindentation, and
scratch tests are the main methods for detecting the microscopic morphology of materials
in materials science. They can accurately measure the hardness and elastic modulus of ma-
terials. At the same time, with microscopic imaging, morphology changes can be observed
and widely used. This part is further explained below.

4.2.1. Micro Stretching

Micro stretching is an in situ stretching method based on the rapid development of
optical microscopies, such as AFM, SEM, and other microscopic observation methods.
Typically, micro-stretching can reflect the mechanical changes of the material on a micro-
and nano-scale level. Among them, the combination of SEM and the tensile mechanical
testing device is an earlier in situ method used in material studies [137]. The imaging
speed of SEM is fast, and the micro- and nanoscale topography can be observed clearly. It
can provide detailed information on the behavior of materials during mechanical testing
that static observation cannot. Some studies performed in situ SEM mechanical tests
on transverse and longitudinal bone specimens to further verify the anisotropy of bone
mechanical properties and proposed that the mechanical properties of the longitudinal and
transverse orientations of the bone were different, which could be attributed to differences
in the direction of microcracks [138]. Furthermore, a study reported a novel device with
a confocal Raman microscope that enables uniaxial stretching of microfibers ranging in
diameter from 10 to 100 microns in length [135].

4.2.2. Nanoindentation and Scratch Experiments

Nanoindentation, known as depth-sensitive indentation technology, is a new type of
mechanical property testing method developed on the basis of the traditional Brinell hardness
test and Vickers hardness test [125]. Initially, nanoindentation was used to research the
mechanical properties of nanomaterials, and it was often used to detect the mechanical
properties of thin films and other nanostructured materials [126]. The researchers developed a
bone nanoindentation protocol to measure elastic properties consistent with macroscopic level
measurement behavior. It is recommended to test large indentations with a diameter of 10
μm and depth of 500–1000 nm [139,140], leading to measured elastic moduli on the order of
10–20 GPa. Anisotropic analysis of the indentation results in two orthogonal planes showed
that the moduli were consistent with the micro-tensile specimens [139]. When the same
loading protocol was used for trabecular tissue, the measured elastic moduli were similar
to cortical bone tissue. Low depths indentation has been used to measure the properties
of individual flakes having alternating high and low moduli [141]. The bone indentation
protocol is typically held under constant load for a period of time; during this time, the bone
exhibits creep and stress relaxation behavior [142,143].

Similarly, nanoindentation can be used to test the mechanical properties of mineralized
collagen [144–146]. Stanishevsky et al. prepared HA nanoparticle-collagen composites
using solution deposition and electrostatic or spinning collector electrospinning and mea-
sured Young’s modulus using nanoindentation technique from 0.2 to 20 GPa and hardness
from 25 to 500 MPa, depending on the composite preparation process, composition, and
microstructure. When the HA content is 45–60%, the nanoindentation of Young’s modulus
and hardness of the HA/collagen composite are the largest [145]. As mineralized colla-
gens have a unique feature of composite materials in the indentation load-displacement
curve and creep, and the appearance of this feature is associated with viscoelasticity, it is
necessary to measure and change it to improve the mechanical properties of mineralized
collagen [146].

Furthermore, the scratch test method is a high-resolution test and detection method
which can observe the surface structure and morphology of materials at the microscopic
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scale. The test results can reveal critical surface information and mechanical parameters
such as the material’s friction coefficient, hardness, and surface roughness, and combine
the groove and residual morphology of the specimen surface to evaluate the friction and
wear resistance of the specimen surface and the bonding ability of the film, revealing the
intrinsic relationship between the material’s deep structure and its surface properties [147].
Furthermore, the scratch was used for the mechanical testing of collagen. Zhao et al.
successfully calculated the critical load value of the mineralized collagen deposition coating
in the scratch test [148]. The experimental results demonstrated that the critical load is
proportional to the collagen concentration in the electrolyte. At high collagen concentration
(500 mg/L), the critical loading of the coating was approximately twice as high as that
obtained without collagen addition [148].

4.2.3. AFM

In measuring the elastic modulus of collagen fibers, AFM has more sensitive detection
and is less prone to make an error. AFM is an extremely versatile nanotechnology belonging
to the scanning probe microscope family, and it can be used as a surface imaging tool and
force sensor and actuator technology. AFM is a type of true nanoscale method where forces
and deformations are on the nanometer scale. Typically, AFM is used in conjunction with
other mechanical loading tools. Colin A performed the dynamic mechanical analysis of
individual type I collagen fibers at low frequencies (0.1–2 Hz) using AFM (Figure 7) [133].
Different regions of procollagen have different elastic moduli. The elastic modulus of the
overlap area with the highest density (approximately 5 GPa) was 160% of that of the gap
area [149]. Later, AFM was used to measure and determine the flexural and shear modulus
of electrospun collagen fibers. A triangular silicon nitride cantilever beam was used for
vertical bending experiments. Flexural modulus dropped from 7.5716 GPa to 1.4702 GPa
up to 250 nm and remained constant at 1.4 GPa for larger diameter fibers [150]. Qian et al.
used AFM to record and image the nanomechanical behavior of the medullary surface of
the bovine femur in situ [136].

 

Figure 7. (A–C) The failure mechanism of the micron bone column under stress was observed under
SEM and TEM, Reprinted with permission from Ref. [12] (2023, Springer Nature). (B): the failure
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mechanism of the ordered and disordered micron bone pillars under stress observed under SEM, (A),
and (C): TEM analysis of the ordered and disordered nanostructures. (D) Surface nanoindentation
test of compact bone under AFM and figure of stress field distribution. (a) is the AFM image of the
natural surface, and the elastic modulus shown by nanoindentation in (b) [136]. (E) The destruction
of the bone surface under stress was observed under AFM, Reprinted with permission from Ref. [136]
(2023, Elsevier). (F) Collagen image under AFM: an image of collagen in tapping mode; b, indentation
data of collagen, Reprinted with permission from Ref. [149] (2023, Elsevier).

4.3. Simulation Analysis Method

In response to the above experimental methods and a large number of experimental
data, researchers have also established models to predict the data results. Several models
to predict the mechanical properties of mineralized collagen have also been proposed.
Computational models involving mostly a finite element method (FEM) and molecular
dynamics (MD) atoms are briefly described in this study.

The FEM can consider the geometric details of mineralized collagen in both two-
dimensional (2D) and three-dimensional (3D) space. The model can include the shape,
orientation, and arrangement of various stages (Figure 8A–C). At the microscopic level,
Jager proposed a geometric model for the staggered arrangement of collagen fibers and
HA platelets and investigated the increase in elastic modulus and fracture stress with an
increasing mineral content in the fiber [151]. Wang proposed a 2D shear lag model to explore
stress concentration fields around an initial crack in a mineral-collagen composite [152].
Subsequently, some researchers began to use the cohesive FEM to analyze mineralized
collagen [119]. Ana developed a 3D finite element model of staggered mineral distribution
within mineralized collagen fibers to characterize the elastic behavior of lamellar bone at
the submicron scale [153]. Meanwhile, a multiscale finite element framework was proposed
to investigate the effect of intra–and extra-fibrillar mineralization on the elastic properties
of bone tissue by considering the structural hierarchy at the nano- and micrometer scales
(Figure 8D,E) [154]. The material properties and fiber network of the mineralized collagen
fibers have an effect on the mechanical properties of the sub-microscale bone, according
to a 3D real model of the mineralized collagen network [118]. In addition, the mechanical
response of mineralized collagen at the sub-microscale is associated with the loading
direction based on the different arrangements of collagen fibers.

 

Figure 8. Finite element simulation. (A–C) Collagen and minerals are interlaced within the fibers,
Reprinted with permission from Ref. [153] (2023, Elsevier). (D,E) (D): Structural modeling of bone
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at the micro and nano-scales; (E): Stress cloud diagram of the model at 0.1% strain. a: Axial stress
distribution of MCFs at 0.1% strain; b, c: Stress distribution in the lamellar structure of bone; d: Stress
distribution of extra-fibrillar matrix, Reprinted with permission from Ref. [154] (2023, Elsevier).

MD simulation obtains the information and behavior of materials at the nanometer
scale by studying the interaction between molecules. MD simulation can predict the overall
mechanical properties of materials at the microscopic level by simulating the chemical
composition and intermolecular forces of materials, and then it can also be used as the input
of micromechanics or FEM. By investigating the molecular fiber toughening mechanism
of mineralized collagen fibers, it was found that in a multifaceted increase in energy
dissipation compared to fibers without a mineral phase [155]. Arun K. Nair investigated
the mechanical properties of mineralized collagen with different mineral densities under
tensile and compressive loads. Both the tensile and compressive moduli of the network
increase monotonically with increasing mineral density (Figure 9B–D) [4,156]. He also
investigated the effect of hydration on collagen fibers. With increasing hydration, the
stress-strain behavior became more nonlinear, and the Young’s modulus of collagen fibers
decreased [157]. Furthermore, the mineralized collagen fibers’ hydration has an effect
on viscoelasticity. The presence of water in the fibers increases their viscosity and the
energy dissipation capacity (Figure 9E–G) [158]. MD can similarly be modeled for smaller
units of collagen. Computational simulations to study collagen molecular damage during
cyclic fatigue loading of tendons showed that the triple-helix degeneration of collagen was
positively associated with fatigue and the number of loading cycles, and the damage was
associated with creep strain (Figure 9A) [159].

Table 2. Method for detection research mechanical properties of mineralized collagen.

Reference Subject Method Detecting Parameter

Tan [133] polycaprolactone electrospun
ultrafine fiber

fiber stretching and ex situ
observation tensile malleability

Sano [132] dentin fiber stretching and in situ
observation bond strength

Koester [138] bone In situ mechanical test with SEM mechanical properties of the longitudinal
and transverse orientations of the bone

Hengsberger [139] cortical bone of cow nanoindentation elastic modulus

Isaksson [142] cortical bone of rabbit nanoindentation elastic modulus and viscoelastic
parameters

Stanishevsky [145] HA nanoparticle-collagen
composites electrospinning nanoindentation Young’s modulus and hardness

Grant [149] collagen fibrils AFM elastic (static) and viscous (dynamic)
responses

Qian [136] Bovine Cortical Bone AFM crack propagation

Jäger [151] Bone (submicron) FEM
staggered arrangement model elastic modulus and fracture stress

Wang [152] Bone (submicron) FEM
2D shear lag model an initial crack

Vercher [153] lamellar bone FEM
a 3D finite element model elastic properties

Alijani [154] lamellar bone
FEM

intra and extra-fibrillar
mineralization model

elastic properties

Buehler [155] collagen microfibril MD simulation Young’s modulus
fracture stress (mineral)

Nair [4] collagen microfibril MD simulation modulus of tension (mineral)

Nair [156] collagen microfibril MD simulation modulus of compression (mineral)

Milazzo [158] collagen microfibril MD simulation Viscoelasticity (mineral and water content)
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Figure 9. Molecular dynamics simulation. (A) The triple helical peptide chain undergoes unwinding
under cyclic fatigue loading and thus breaks, Reprinted with permission from Ref. [159] (2023, AAAS).
(B) Collagen microfibril model with 0%, 20%, and 40% mineralization simulation modeling of miner-
alized collagen, Reprinted with permission from Ref. [4] (2023, Springer Nature). (C,D) Stretching
and compression models of collagen microfibrils with different mineralization rates Reprinted with
permission from Refs. [4,156] (2023, Springer Nature). (E–G) Study on the viscoelastic behavior
of mineralized collagen by mineral and water content, Reprinted with permission from Ref. [158]
(2023, RSC).

5. Conclusions

Although collagen has excellent biodegradability, low antigenicity, and biological
stability, its mechanical strength is unsatisfactory. How to improve the mechanical strength
of mineralized collagen is a focus of research. The combination of HA and collagen, which
are also biological materials, has given great development to the bionic materials of bone.
However, how to prepare bionic bone materials more in line with the natural structure of
bone has become the consensus of the research community.

Admittedly, there are many maturely prepared mineralized collagens on the market,
which are obtained by the following methods: 1. Precipitate the prepared collagen scaffold
in the biomimetic mineralization solution. 2. Codeposition of collagen and HAp. Although
this bionic bone also has the pore size and porosity of natural bone, these large pores
allow cells and capillaries to grow, showing excellent bone conductivity; however, in the
same proportion of components as natural bone, this bionic bone is not as good as the
mechanical properties of real bone. In addition, these biomimetic bones are also quite
different from natural bones at the collagen fiber level. Under the transmission electron
microscope, the collagen fibers of natural bone showed obvious periodic banding (intra-
fiber mineralization), while the mineralized collagen of bionic bone was only the attachment
of collagen fibers and HAp (extra-fiber mineralization). In Kim’s experiment, it also showed
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that there were debonding particles in the artificially prepared mineralized collagen, which
had a negative effect on the elastic modulus of mineralized collagen [112]. More precisely,
the realization of in-fiber mineralization is also one of the effective ways to improve the
mechanical properties of mineralized collagen.

In this regard, in the first section, starting from the structure of bone, we explained the
multi-scale and multi-level structure of bone. From the most basic amino acids and HA
crystals to mineralized collagen fibers and even to the whole bone, each layer is extremely
complex, which also gives us a great challenge to understand the microstructure and mech-
anism of bone and to prepare artificial bionic bone. We analyzed the mechanical properties
at the level of the bone unit (compact bone and cancellous bone). At the same time, stress
is the main stimulus for people’s daily activities. Whether the force acts on the cells or
directly on the matrix, the stress acts on the bone matrix inevitably. Mechanical stimulation
is one of the influencing factors in enhancing collagen mineralization. Mineralized collagen
materials are particularly important for bone, but the current research progress is far from
satisfactory. Although the study confirmed at the microscopic level that fluid shear forces
can regulate the rate, size, and distribution of the mineralized precursor, the implants
are subjected to complex and diverse forces in the human body, and it is unknown how
the complex and diverse forces regulate collagen mineralization. Bone is a piezoelectric
material. Studies have shown that bone has a significant inverse piezoelectric effect on the
microscopic surface. This is exciting, which helps to understand the mineralization process,
and mechanical stimulation through the piezoelectric effect to produce charge affects the
adhesion of HA.

In conclusion, as a bioactive material, collagen can produce different responses to
different mechanical stimuli. The goal of research on bionic bone repair materials has always
been to change their macroscopic and microscopic structures to have good mechanical
properties similar to natural bone. The constitutive and structure-activity relationship
between mechanical stimulation, mineralized structure, and mechanical properties are also
worthy of further study. Mineralized collagen is expected to be better developed as a new
bone repair material.
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Abstract: Traditional inert materials used in internal fixation have caused many complications and
generally require removal with secondary surgeries. Biodegradable materials, such as magnesium
(Mg)-, iron (Fe)- and zinc (Zn)-based alloys, open up a new pathway to address those issues. During
the last decades, Mg-based alloys have attracted much attention by researchers. However, the issues
with an over-fast degradation rate and release of hydrogen still need to be overcome. Zn alloys have
comparable mechanical properties with traditional metal materials, e.g., titanium (Ti), and have a
moderate degradation rate, potentially serving as a good candidate for internal fixation materials,
especially at load-bearing sites of the skeleton. Emerging Zn-based alloys and composites have been
developed in recent years and in vitro and in vivo studies have been performed to explore their
biodegradability, mechanical property, and biocompatibility in order to move towards the ultimate
goal of clinical application in fracture fixation. This article seeks to offer a review of related research
progress on Zn-based biodegradable materials, which may provide a useful reference for future
studies on Zn-based biodegradable materials targeting applications in orthopedic internal fixation.

Keywords: zinc-based biodegradable materials; orthopedic implant; biodegradability; mechanical
property; biocompatibility

1. Introduction

Bone fractures are becoming increasingly common with the rapid increases in aging
population, traffic accidents, sports injuries and metabolic diseases [1–3]. Fractures have a
lifetime prevalence of ~40% and an annual incidence of 3.6% [4]. The most common and
burdensome fractures are lower leg fractures of the patella, tibia or fibula, or ankle [5].
Fracture healing is the process of reconstructing bone and restoring its biological and
biomechanical functions [6,7]. As one of the common surgical treatments, internal fixation
using screws, pins, plates, etc., provides mechanical stability for a fractured bone, allowing
weight bearing, early use of the limb, and bone healing [8]. Success in fracture healing is
closely related to the internal fixation implants used.

Implants used for internal fixation can be divided into several categories: wires, pins
and screws, plates, and intramedullary nails or rods [9]. Staples and clamps are also
used occasionally for osteotomy or fracture fixation [9]. Traditional fixation materials are
generally nondegradable, including inert stainless steel (SS), titanium (Ti) and its alloys, and
cobalt-chromium (Co-Cr) alloys [10]. They possess satisfactory biocompatibility, high wear
resistance, and adequate mechanical strength (Table 1) [11–13]. However, they have notable
shortcomings when being applied in fracture fixation. For example, metallic materials have
much higher elastic modulus values (190–200 GPa for 316L SS, 210–240 GPa for Co-Cr
alloys, and 90–110 GPa for Ti alloys) compared with bone tissues (3–30 GPa). Although
a rigid fixation is required at the beginning of the healing process to provide a sufficient
mechanical stability, a large discrepancy in stiffness between bone and the implant can lead
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to stress shielding and therefore can delay healing [14]. Even for a successful bone healing,
a secondary surgery is often required to remove the implant [15].

Biodegradable materials are well suited to solve the issues above. Fixation implants
made of biodegradable materials can provide a strong mechanical support of the frac-
ture site at earlier stages of the healing process, and later on degrade naturally as the
healed bone takes over the mechanical loading and their by-products can be absorbed and
metabolized [16]. Degradable polymers are intended for applications in soft tissue graft
fixation and meniscus repair due to their low strength [17–19]. Compared to polymers,
Mg-based biodegradable materials have higher strength and modulus that are close to
cortical bone (Table 1). Also, Mg ions released from Mg-based biodegradable implants
have beneficial effects on bone regeneration [20]. Due to their appropriate mechanical
property, biocompatibility and biodegradability, Mg-based metals have attracted a great
deal of attention of in vitro and in vivo research during the last decades. Several Mg-based
implants (bone screws, pins, plates) have been available in clinic or undergoing clinical
trials [15,21]. However, the issues with an over-fast degradation rate and generation of hy-
drogen still need to be overcome. Additionally, current Mg alloys (ultimate tensile strength
(UTS) < 350 MPa) have relatively low mechanical strength and are only limited to non- or
low-load-bearing applications, such as fixation of small bones and cancellous fragments,
meniscus repair and soft tissue fixation [21]. Clearly, there remains a critical need for
development of biodegradable materials for fixation of fractures at heavy load-bearing
skeletal sites where fractures occur most frequently.

The mechanical strength of zinc (Zn) alloys falls in a wide range, from the value of pure
Mg to the value of commercial pure Ti and 316 stainless steel (Figure 1). For bone repair,
it has been reported that the degradation rates of fixation implants should be between
0.2 and 0.5 mm y−1 to match bone healing [1]. Mg-based alloys have degradation rates
ranging from 0.8 to 2.7 mm y−1 [1,15,22,23], which are above the desired degradation rates
of bone implants. The degradation rates of Zn-based alloys are mainly between 0.1 and
0.3 mm y−1 [1,24,25]. Moderate corrosion rates and excellent mechanical properties make
Zn-based biodegradable metals potential candidates for biomaterial for internal fracture
fixation, particularly at heavy load-bearing sites [26–28]. In terms of biocompatibility, Zn is
the second most abundant transition metal in humans, serving as a structural or enzymatic
cofactor for approximately 10% of the proteome [29]. Consequently, perturbations in Zn
homeostasis may lead to various disorders, including growth deficiencies, immune defects,
neurological disorders, and cancers [30]. Studies also found that Zn ions (Zn2+) play an
important role in promoting fracture healing [30,31].

Zn-based alloys have shown a great potential of application in orthopaedics, particu-
larly for internal fixation of fractures at heavy load-bearing bone [24,25,32,33]. There has
been a growing body of in vitro studies on the development of new Zn-based biodegradable
materials and testing of their biodegradability, mechanical property and biocompatibility,
with fewer in vivo animal studies and no clinical application as yet [34–46] (Figure 2).
Although there are several review articles that have elaborated on some aspects of those
properties [14,22,26,27,47], it remains unclear if current Zn-based biodegradable material
are sufficient to meet clinical needs for orthopaedic internal fixation and what research gap
needs to be filled next. In the following sections, we first point out the clinical requirements
of implant biomaterials for orthopaedic internal fixation primarily at the heavy load-bearing
skeletal sites in terms of their biodegradability, mechanical property and biocompatibility,
and then summarize various typical Zn-based biodegradable materials (pure Zn, Zn-based
alloys and composites) that have been developed so far and examined in vitro and in vivo
for each of these properties. Lastly, unaddressed questions or future research directions are
discussed with the aim of moving towards clinical applications of Zn-based biodegradable
materials for orthopaedic internal fixation.

313



J.
Fu

nc
t.

Bi
om

at
er

.2
0
2
2
,1

3,
16

4

T
a

b
le

1
.

C
ha

ra
ct

er
is

ti
cs

of
di

ff
er

en
tt

yp
ic

al
m

et
al

lic
bi

om
at

er
ia

ls
.

C
la

ss
ifi

ca
ti

o
n

M
a

te
ri

a
ls

B
io

d
e

g
ra

d
a

b
il

it
y

M
e

ch
a

n
ic

a
l

P
ro

p
e

rt
ie

s
B

io
co

m
p

a
ti

b
il

it
y

A
p

p
li

ca
ti

o
n

s
o

r
P

o
te

n
ti

a
l

A
p

p
li

ca
ti

o
n

s
R

e
f.

N
on

-b
io

de
gr

ad
ab

le
m

et
al

lic
m

at
er

ia
ls

31
6L

SS
N

on
-b

io
de

gr
ad

ab
le

H
ig

h
el

as
ti

c
m

od
ul

us
,l

ow
w

ea
r

an
d

co
rr

os
io

n
re

si
st

an
ce

,h
ig

h
te

ns
ile

st
re

ng
th

H
ig

h
bi

oc
om

pa
ti

bi
lit

y
A

ce
ta

bu
la

r
cu

p,
bo

ne
sc

re
w

s,
bo

ne
pl

at
es

,p
in

s,
et

c.
[1

1]

C
o–

C
r

al
lo

ys
N

on
-b

io
de

gr
ad

ab
le

H
ig

h
el

as
ti

c
m

od
ul

us
,h

ig
h

w
ea

r
an

d
co

rr
os

io
n

re
si

st
an

ce
Lo

w
bi

oc
om

pa
ti

bi
lit

y
Bo

ne
sc

re
w

s,
bo

ne
pl

at
es

,
fe

m
or

al
st

em
s,

to
ta

lh
ip

re
pl

ac
em

en
ts

,e
tc

.
[1

2]

Ti
al

lo
ys

N
on

-b
io

de
gr

ad
ab

le
Po

or
fa

tig
ue

st
re

ng
th

,l
ig

ht
w

ei
gh

t
H

ig
h

bi
oc

om
pa

ti
bi

lit
y

D
en

ta
li

m
pl

an
ts

,b
on

e
sc

re
w

s,
bo

ne
pl

at
es

,e
tc

.
[1

1,
13

]

Bi
od

eg
ra

da
bl

e
m

et
al

lic
m

at
er

ia
ls

M
g-

ba
se

d
al

lo
ys

Bi
od

eg
ra

da
bl

e,
hi

gh
de

gr
ad

at
io

n
ra

te

Po
or

m
ec

ha
ni

ca
lp

ro
pe

rt
ie

s,
el

as
ti

c
m

od
ul

us
ar

e
cl

os
e

to
co

rt
ic

al
bo

ne

H
ig

h
bi

oc
om

pa
ti

bi
lit

y,
H

2
ev

ol
ut

io
n

Bo
ne

sc
re

w
s,

bo
ne

pl
at

es
(n

on
-l

oa
d

be
ar

in
g

pa
rt

s)
,e

tc
.

[2
,9

]

Fe
-b

as
ed

al
lo

ys
Bi

od
eg

ra
da

bl
e,

lo
w

de
gr

ad
at

io
n

ra
te

H
ig

h
el

as
ti

c
m

od
ul

us
,p

oo
r

m
ec

ha
ni

ca
lp

ro
pe

rt
ie

s
Lo

w
bi

oc
om

pa
ti

bi
lit

y
Bo

ne
sc

re
w

s,
bo

ne
pl

at
es

,e
tc

.
[9

]

Z
n-

ba
se

d
al

lo
ys

Bi
od

eg
ra

da
bl

e,
m

od
er

at
e

co
rr

os
io

n
ra

te

H
ig

h
el

as
ti

c
m

od
ul

us
,h

ig
h

m
ec

ha
ni

ca
lp

ro
pe

rt
ie

s,
lo

w
cr

ee
p

re
si

st
an

ce

C
yt

ot
ox

ic
it

y,
no

ga
s

pr
od

uc
ti

on
,h

ig
h

bi
oc

om
pa

ti
bi

lit
y

Bo
ne

sc
re

w
s,

bo
ne

pl
at

es
(l

oa
d-

be
ar

in
g

pa
rt

s
(p

ot
en

ti
al

ap
pl

ic
at

io
ns

))
,e

tc
.

[3
,9

,1
0]

314



J. Funct. Biomater. 2022, 13, 164

 

Figure 1. Mechanical properties of biodegradable and non-biodegradable materials for orthopaedic
devices and their clinical applications [24].

Figure 2. A schematic indicating the state of the art of research on Zn-based biodegradable materials
for orthopaedic internal fixation.

2. Biodegradability of Zn-Based Biodegradable Materials

It is well known that human bodies are full of fluid solutions and bear mechanical
loading, generating corrosive and mechanical environments for biodegradable materials.
It is expected that after biodegradable metals are implanted in the human body, they
can gradually degrade at a suitable rate that matches the healing rate of bone tissues
(Figure 3). However, different types of fractures at different skeletal sites require different
fixation implants (as well as the amounts of degradable materials). Therefore, considering
designs of suitable Zn-based devices with a proper degradation rate to meet clinical
fixation requirements of different fractures, it is necessary to understand the degradation
mechanisms, regulation of the degradation rate, and mechanical factors influencing the
degradation of biodegradable metals. It is evident that pure Zn has a relatively low
degradation rate. Adding alloy elements or reinforcement materials is commonly used to
tune the biodegradability of Zn.
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Figure 3. Schematics illustrating the processes of bone healing and implant degradation under a
perfect matching scene.

2.1. Biodegradability of Pure Zn

Zn is a relatively low active metal. The standard electrode potential of Zn is −0.76 V,
which lies between those of Mg (−2.37 V) and Fe (−0.44 V) [14]. It is prone to corrode in
various fluid environments within the human body [22]. Studies have been extensively
focused on the in vitro corrosion behavior of pure Zn in different corrosion media, such
as Hank’s balanced salt solution (HBSS), phosphate buffer saline (PBS), and stimulated
body fluid (SBF) [16,28,48]. The medium electrode potential of Zn is associated with a
moderate corrosion rate of approximately 0.1 mm y−1 [28]. The corrosion mechanism of
Zn is regulated by the following reactions:

Zn→Zn2+ + 2e−, (1)

2H2O + O2 + 4e−→4OH−, (2)

2Zn + 2H2O + O2→2Zn(OH)2, (3)

Zn(OH)2→ZnO + H2O, (4)

Following the anode reaction, the Zn loses two electrons to generate the Zn2+. Cathode
reaction is a process where the electrons of hydrogen dissolve oxygen reduction in the
electrolyte to produce hydroxide (OH−). The simultaneous increases of Zn2+ and OH−
in the solution facilitate the precipitation of Zn(OH)2, but the Zn(OH)2 is unstable and
may subsequently transform into a thermodynamically more stable ZnO [34,49]. It is
evident from these series of reactions above that Zn does not release hydrogen gas during
biodegradation like Mg, indicating one of the major benefits of Zn.

2.2. Biodegradability of Zn-Based Alloys

It has been reported that the degradation rate of bone implants should be somewhere
between 0.2 and 0.5 mm y−1 to match bone healing [1]. Hence, pure Zn clearly does not meet
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the requirements of biodegradable orthopaedic implants. Adding other alloying elements
is one way to alter the corrosion rate of biodegradable metals. To establish binary Zn alloy
systems, some studies added alloying elements that are beneficial for bone health (e.g.,
Mg, Ca, Sr, Li, Mn, Fe, Cu, and Ag) into Zn-based alloys (Table 2) [24,32,40,42,44,50–54].
They used the same melting and extrusion process to prepare a variety of binary Zn-based
alloys. Various alloying elements affect the corrosion rate of Zn-based alloys to different
degrees [24]. Alloying can lead to an accelerated degradation, and Fe, Ag and Cu had the
most significant roles in accelerating corrosion, followed by Li, Sr, Ca and Mg (Table 2) [24].
Studies have shown that corrosion rates of current Zn-based alloys are mainly between 0.1
and 0.3 mm y−1 [1]. The choice of Zn-based alloys generally depends on clinical demands,
considering the fracture site, and the shape and size of fixators. In general, the degradation
rate of the currently developed Zn alloy system is relatively slow. More ternary and
quaternary Zn alloys may need to be developed to match the rate of fracture healing.

2.3. Biodegradability of the Zn-Based Composites

Other than alloying, adding reinforcement to form Zn matrix composites is another
way to regulate the degradation rate of Zn metals. Composites including pure Zn as
a matrix and hydroxyapatite (HA) as reinforcements were prepared by spark plasma
sintering (SPS) [55]. A wide range of degradation rates (0.3–0.85 mm y−1) can be achieved
by changing the concentration of HA. In addition, the immersion experiment of another
beta-tricalcium phosphate (β-TCP)/Zn-Mg composite showed that the corrosion resistance
of the composite is slightly decreased with the increase in β-TCP content [56].

2.4. Biodegradability of Zn-Based Biomaterials under Mechanical Loading

The response of biodegradable materials to the combined effect of physiological
loading and corrosion environment is an important issue in vivo since stress-induced
degradation and cracking are common [57]. Particularly, for load-bearing fracture fixa-
tion where biodegradable implant undertakes loading, it is critical to understand how
mechanical stress affects the biodegradation behavior of the implant.

The combination of mechanical loading and a specific corrosive medium environment
can lead to sudden cracking and failure of degradable metals. This phenomenon is called
stress corrosion cracking [57]. In vivo animal experiments and clinical studies have indi-
cated the role of mechanical stress in the early failure of biodegradable implants [19,57–59].
Li et al. conducted slow-strain rate testing (SSRT) and constant-load immersion tests on
a promising Zn-0.8 wt%Li alloy [60]. They investigated its stress corrosion cracking sus-
ceptibility and examined its feasibility as biodegradable metals with pure Zn serving as a
control group. They observed that the Zn-0.8 wt%Li alloy exhibited a low stress corrosion
cracking susceptibility. This was attributed to variations in microstructure and deformation
mechanism after alloying with Li. In addition, compared to the “no stress” condition
(0.124 mm y−1), the corrosion rate of the Zn-Li alloy only increased slightly under tensile
stress of 11.1 MPa (0.129 mm y−1) and compressive stress of 17.7 MPa (0.125 mm y−1).
Both pure Zn and Zn-0.8 wt%Li alloy did not fracture over a period of 28 days during the
constant-load immersion test. The magnitude of the applied stress was close to the phys-
iological loading condition and thus the authors proved the feasibility of both materials
as biodegradable metals. So far, there are only a few experimental studies on the stress
corrosion of Zn-based biodegradable materials. Since previous experimental studies have
shown in degradable polymers or Mg-based alloys that the corrosion rate is affected by the
loading mode (tension or compression) and magnitude [18,61–64], it is assumed that these
effects also exist in Zn-based biodegradable materials. Identification of the quantitative
relationships between various forms of applied loading and degradation behaviors of
Zn-based materials is important for the design of load-bearing fixation implants. However,
the corrosion behaviors of Zn-based biomaterials under different loading conditions need
to be further explored.
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Cyclic loading-induced fatigue fractures are very common in engineered metals, where
the fatigue strength is further reduced in a corrosive environment [65]. It was reported
that under the combined effects of stress and corrosive media, fatigue cracks propagate
faster [57]. Corrosion fatigue is of primary concern for metallic internal fixation which
commonly bear cyclic dynamic loads in vivo. The corrosion pit propagation rate is influ-
enced by the magnitude of stress, frequency, and cycle number [66,67]. Previous studies
have compared the compression-induced fatigue behavior of additively manufactured
porous Zn in air and in revised simulated body fluid (r-SBF) [68]. The fatigue strength of
the additively-manufactured porous Zn was high in air (i.e., 70% of its yield strength) and
even higher in r-SBF (i.e., 80% of its yield strength). The high value of the relative fatigue
strength in air could be attributed to the high ductility of pure Zn itself. The formation of
corrosion products around the strut junctions might explain the higher fatigue strength of
additive manufacturing Zn in r-SBF. The favorable fatigue behavior of additive manufactur-
ing porous Zn further highlights its potential as a promising bone-substituting biomaterial.
Another study found in their fatigue testing of Zn-0.5Mg-WC nanocomposites that the
material survived after 10 million cycles of tensile loading when the maximum stress was
80% of the yield stress [69]. These results suggest that the Zn-0.5Mg-WC nanocomposite is
a promising candidate for biodegradable materials. So far, there has been no report on the
fatigue corrosion behavior of Zn-based alloys in vivo. Since the resistance of a material to
fatigue and corrosion is an important consideration for designing implants, future relevant
studies on Zn-based biomaterials may be required.

3. Mechanical Properties of Zn-Based Biodegradable Materials

In addition to the biodegradable properties, the mechanical properties of the biodegrad-
able metals are also important considerations for designing orthopaedic implants for inter-
nal fixation. Yield strength (YS), ultimate tensile strength (UTS), elongation (ε) and elastic
modulus (E) are common parameters which are used to indicate the mechanical properties
of biomedical materials [11,37,70–73]. Extensive studies have determined those mechanical
parameters of Zn-based biodegradable materials. The reported mechanical criteria for
degradable metals (e.g., Mg-based) are UTS > 300 MPa and ε > 20% [22]. On the other
hand, the current gold standard for medical metal materials, such as Ti and its alloys, has a
tensile strength of over 600 MPa [13]. To certain extent, these criteria could provide guides
of mechanical properties for development of Zn-based degradable materials. However, the
requirement may vary with different load-bearing sites.

3.1. Mechanical Properties of Pure Zn

Pure Zn has extremely low yield strength (29.3 MPa) and elongation (1.2%) in its
as-cast condition [74]. The Young’s modulus of pure Zn is around 94 GPa [16]. Obviously,
it is difficult to meet the mechanical criteria as biodegradable metals [22]. On the other
hand, owing to the low melting point of Zn, several additional uncertainties exist with
regard to the mechanical properties of biodegradable Zn and Zn-based alloys. Low creep
resistance, high susceptibility due to natural aging, and static recrystallization may lead
to the failure of Zn-based biodegradable materials during storage at a room temperature
and usage at a body temperature [26]. Studies showed that Zn-based alloys underwent
appreciable creep deformation under human body temperature (37◦) [75]. In addition,
recrystallization of Zn-based alloys under stress can reduce their resistance to creep [42].
Thus, creep deformation is an important factor that should be considered in the studies of
pure Zn.

3.2. Mechanical Properties of Zn-Based Alloys

Alloying is a common approach to change the mechanical properties of metals, where
alloy ratio is essential for studies of Zn-based alloys. Attempts have been made to optimiz-
ing the Zn-based alloys by changing the alloy ratio, in order to obtain better mechanical
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performance in vitro and then move to in vivo conditions [24,32,40,42,44,50–54]. Zn-based
alloys have Young’s modulus values ranging from 100 to 110 GPa depending on alloying
conditions [16]. As summarized in Table 2, the Zn-based alloys with improved mechanical
properties to various degrees are generated by adding elements of Mg [50], Ca [51], Sr [32],
Li [24], Ge [52], Ag [44], Fe [24], Cu [53], Mn [40], Al [42], Zr [54]. The improvement of
adding Li elements is particularly obvious, but the elongation of Zn-Li is only 5%. Fol-
lowing addition of the Cu element, the elongation of the Zn-based alloys reaches 44.6%.
Binary Zn-based alloys have poor mechanical properties and may not be applicable in
load-bearing sites of the skeleton. Table 3 summarizes the mechanical properties of ternary
Zn-based alloys on the basis of binary Zn-based alloys.

Different mechanical processing methods have great influences on the mechanical
properties of the same Zn-based alloys. Among the three common mechanical processing
operations (hot extrusion, hot rolling, and casting), the hot extrusion can produce the
greatest improvement in mechanical properties of Zn-based alloys. Compared with binary
Zn-based alloys, ternary Zn-based alloys have largely improved mechanical properties.
For example, the tensile strength of Zn-0.8Li-0.4Mg is 646 MPa, which is greater than those
of pure titanium or 316L SS (Figure 1) [24]. In addition, reasonable mechanical integrity
of Zn-0.8Li-0.4Mg was maintained in vitro, and is expected to be used for bone repair at
load-bearing sites.

3.3. Mechanical Properties of Zn-Based Composites

Apart from the addition of alloying elements, adding reinforcement matrix as compos-
ite could also regulate the mechanical properties of Zn metals. The biocompatibility and
the mechanical properties were improved by controlling the type and content of the second
phase to form a composite material. In a previous study, Zn-HA composites were prepared
with pure Zn as matrix and hydroxyapatite (HA) as reinforcement by spark plasma sin-
tering [55]. In vivo tests showed that the addition of HA resulted in a better performance
in osteogenesis with prolonged fixation time. In another study, Zn-Mg-β-TCP composites
were prepared with Zn-Mg as matrix and β-TCP as enhancer by the mechanical stirring
combined with ultrasonic assisted casting and hot extrusion technology [56]. This material
had an ultimate tensile strength of 330.5 MPa and showed better biocompatibility than
Zn-Mg alloys in cellular experiments. A barrier layer of ZrO2 nanofilm was constructed
on the surface of Zn-0.1 wt%Li alloy via atomic layer deposition (ALD) [76]. Their results
indicated that the addition of ZrO2 could effectively improve cell adhesion and vitality,
and promote osseointegration, but the non-degradation of ZrO2 brought new challenges.
Composites often have advantages over alloys due to the addition of second-phase en-
hancers. Compared with pure Zn, the addition of a second-phase material largely enhances
its mechanical strength and biocompatibility. However, it was reported that the ductility
of Zn-based composite materials is only 10% or even lower, with a greater brittleness [22],
bringing difficulties to the processing of orthopaedic devices (such as bone screws and bone
plates). In addition, the complex manufacturing process, high cost of composite materials,
and a lack of sufficient basic theoretical supports in the field of preparation and processing
still limit their developments.
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4. Biocompatibility of Zn-Based Biodegradable Materials

Biocompatibility is the ability of a material to conform to the host response, cell
response, and living systems, and it is a vital property of metallic internal fixation for bone
repair [1]. The metallic fixation implants directly release ions into the human body, affecting
the surrounding cells, tissues, and blood (Figure 4) and leading to either positive or negative
results [47,81,82]. Additionally, biomaterial-induced infections are one of the leading causes
of implant failure in orthopaedic surgery [25]. Postoperative wound infection may cause
an increase in the cost of pain treatment and even sequelae such as limb malformation and
dysfunction of the implants [26]. Thus, exploring the biocompatibility of Zn and its alloys
is important considering their ultimate implanting in the human body.

 

Figure 4. (a) Biological roles of Zn. Reprinted with permission from Ref. [81], Copyright 2016 Wiley.
(b) Comparison of the influence of zinc excess versus deficiency [82].

4.1. Biocompatibility of Pure Zn

Zn plays a fundamental role in multiple biochemical functions of the human body, in-
cluding cell division, cell growth, wound healing, and the breakdown of carbohydrates [83].
Dietary Zn2+ deficiency has been linked to impaired skeletal development and bone growth
in humans and animals (Figure 5) [83]. Specifically, 85% of Zn in the human body is found
in muscle and bone, 11% in the skin and liver, and the rest in other tissues [84]. Zn is located
at sites of soft tissue calcification, including osteons and calcified cartilage. Zn levels in bone
tissue increase as bone mineralization increases. The skeletal growth was reduced during
Zn deficiency. Zn plays a key biological role in the development, differentiation and growth
of various tissues in the human body [85], including nucleic acid metabolism, stimulation of
new bone formation, signal transduction, protection of bone mass, regulation of apoptosis,
and gene expression [14]. Zn not only inhibits related diseases such as bone loss and in-
flammation, but also plays an important role in cartilage matrix metabolism and cartilage II
gene expression [86]. The following symptoms are associated with Zn deficiency, including
impaired physical growth and development in infants and young adults, the increased risk
of infection, the loss of cognitive function, the problems of memory and behavioral, and
learning disability. However, excessive Zn may cause neurotoxicity problems [87]. Based
on the RDI (Reference Daily Intake) values reported for mature adults, the biocompatibility
of Zn (RDI: 8–20 mg/day) is not as good as that of Mg (RDI: 240–420 mg/day), but very
similar to that of Fe (RDI: 8–18 mg/day) [88]. Excessive Zn can cause symptoms such as
nausea, vomiting, abdominal pain, diarrhea, fatigue, and can weaken immune function
and delay bone development [87]. Therefore, when Zn-based biodegradable materials
are implanted into the body as bone implant materials, the toxicity of their degradation
products should be considered.
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Figure 5. Zn2+ deficiency has been linked to impaired skeletal development and bone growth in
humans and animals [83].

4.2. Biocompatibility of Zn-Based Alloys

The results of cytotoxicity tests can reflect the biological safety of the material to
some extent. Tables 2 and 3 summarize the results of cytocompatibility testing of alloying
elements. Specifically, according to the cytocompatibility testing, additions of Mg, Ca and
Li do not produce cytotoxicity, but can promote cell proliferation. However, Cu, Al, and Fe
show varying degrees of toxic effects on bone cells [34,37,40,42,43,73,74,89].

Regarding the effect of metal ions on antibacterial activity, Sukhodub et al. [90] system-
atically examined the antibacterial abilities of metal ions and reported that the sterilization
rate of the metal ions from high to low was as follows: Ag+, Cu2+, Zn2+, and Mg2+. Among
these metal ions, Zn ions have a good antibacterial ability when they reach a certain concen-
tration and can kill various bacteria and fungi. Zinc is an essential element with intrinsic
antibacterial and osteoinductive capacity [91]. Zn-based antimicrobial materials generally
consist of zinc complexes and ZnO nano-particles. Complexes such as zinc pyrithione and
its derivatives are well known antifungal compounds and have been broadly applied in
medicines [92]. Lima et al. [93] prepared Zn-doped mesoporous hydroxyapatites (HAps)
with various Zn contents by co-precipitation using a phosphoprotein as the porous tem-
plate. They found that the antibacterial activity of the HAps samples depended strongly on
their Zn2+ contents. Tong et al. [94] examined the bacterial distributions of the Zn-Cu foams
pre- and post-heat treatment after co-culturing with staphylococcus aureus for 24 h, and
observed good antibacterial properties of the Zn-Cu foams. Lin et al. [74] observed better
antibacterial properties of Zn-1Cu-0.1Ti than pure Zn. Ren et al. [95] systematically investi-
gated a variety of Cu-containing medical metals including stainless steels, Ti alloys, and
Co-based alloys, and demonstrated good antibacterial abilities of those materials stemming
from the durable and broad-spectrum antibacterial characteristics of Cu ions. Therefore,
Cu-containing Zn alloys may be expected to be promising implant materials with intrinsic
antibacterial ability.

4.3. Biocompatibility of Zn-Based Composites

HA is a well-known bioceramic with bioactivity that supports cell proliferation, bone
ingrowth and osseointegration. HA has similar chemical and crystallographic structures
to bone, which can form a chemical bond with osseous tissue, and act like nucleation
for new bone [17]. Yang et al. [55] fabricated Zn-(1, 5, 10 wt%) HA composites using the
SPS technique and investigated their in vitro degradation behaviors. Zn-HA composites
showed significantly improved cell viability of osteoblastic MC3T3-E1 cells compared with
pure Zn. An effective antibacterial property was observed as well. As a bioactive ceramic,
β-TCP has good biocompatibility, osteoconductivity and biodegradability [96]. In a study
by Pan et al. [56], the biocompatibility of Zn-1Mg-xβ-TCP (x = 0, 1, 3, 5 vol%) composites
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were investigated. When L-929 and MC3T3 cells were cultured in different concentrations
for one day, the relative proliferation rate of the cells is above 80%, and the cytotoxicity is
0–1. Moreover, the addition of β-TCP makes the compatibility of the composite material to
MC3T3 cells significantly higher than that of the Zn-Mg alloy.

5. In Vivo Evaluation of Zn-Based Biodegradable Materials with Animal Models

In addition to in vitro testing, in vivo animal experiments are a necessary step in assess-
ing the performances of Zn-based biodegradable materials prior to translation into clinical
applications. Different from in vitro experiments where the biodegradability, mechanical
property, and biocompatibility of a material are often tested separately, animal models
can be used to examine all these properties together in an in vivo condition. Although
the in vivo animal experiments may not be able to fully mimic the mechanical, biological
and chemical environments in the human body, they are currently the best way to evalu-
ate the interactions between Zn-based biodegradable materials and host [15,24,25,36,96].
There are far fewer in vivo studies on Zn-based biomaterials than in vitro studies. Several
representative in vivo studies on Zn-based biodegradable materials were summarized in
Table 4.

Yang et al. [24] implanted the pure Zn into the rat femur condyle. A serious fibrous
tissue encapsulation was found for pure Zn, resulting in the lack of direct bonding between
bone and implant (Figure 6a). The delayed osseointegration of pure Zn is claimed to be
attributed to the local high Zn ion concentration. Consistent with the observations in vitro,
the in vivo results confirmed that alloying with appropriate elements such as Mg, Ca and
Sr can effectively improve the biocompatibility. Yang et al. [55] implanted the pure Zn
into the rat femur condyle. A serious fibrous tissue encapsulation was found for pure Zn,
resulting in the lack of direct bonding between bone and implant (Figure 6b). Meanwhile,
Jia et al. [70] implanted the Zn-0.8 wt.%Mn alloy into the rat femoral condyle for repairing
bone defects with pure Ti as control. Their results showed that the new bone tissue at
the bone defect site in both groups gradually increased with time, but a large amount
of new bone tissue was observed around the Zn-0.8Mn alloy scaffold (Figure 6c). More
importantly, in a heavy load-bearing rabbit shaft fracture model, the Zn-0.4Li-based bone
plates and screws showed comparable performance in bone fracture fixation compared
to the Ti-6Al-4 V counterpart whereas the cortical bone in the Zn-0.4Li alloy group was
much thicker (Figure 6d). The results suggest the great potential of Zn-Li based alloys for
degradable biomaterials in heavy load-bearing applications [25].

It can be seen from those in vivo studies above (Table 4) that the Zn-based biodegrad-
able materials play an important role in promoting osteogenesis. The corrosion rate of
Zn-based biodegradable materials is relatively slow in vivo and can provide a long-term
mechanical support in the period of fracture healing [24,25,36]. No incomplete fracture
healing and structural collapse of the implant were reported during the animal experi-
ments on load-bearing parts such as the femur [25]. However, the long-term results of
the Zn-based implants remain unknown since those animal studies generally lasted for
8–24 weeks [24,25,46]. Additionally, the in vivo studies testing performances of Zn-based
implants in fracture fixation are limited [24].

Currently, only small animal models, such as mice, rats and rabbits have been used to
examine primarily the biodegradability and biocompatibility of Zn2+ metals on bone defect
sites (Table 4) [24,25,33,36,46,51,55,56,70,97]. Although mammals have many similarities,
differences across small animals, large animals and humans should be recognized [98]. For
example, the difference in skeletal size across various species affects the amount of Zn
materials that needs to be degraded or absorbed as well as the mechanical environment,
which may lead to varied results between preclinical studies and clinical applications.
Therefore, with clinical translations in mind, future studies may be warranted with large
animal models. In addition, as Zn-based implants are expected to be used at heavy load-
bearing sites for internal fracture fixation, proper site-specific in vivo animal models should
be used to test their biodegradability, mechanical properties and biocompatibility (Figure 7).
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Figure 6. (a) Hard tissue sections of pure Zn, Zn-0.4Li, Zn-0.1Mn, Zn-0.8 Mg, Zn-0.8Ca, Zn-0.1Sr, Zn-
0.4Fe, Zn-0.4Cu and Zn-2Ag in metaphysis. The magnified region is marked by red rectangle. NB, new
bone; DP, degradation products; FT, fibrous tissue. Scale bar, 0.5 mm in low magnification, 500 μm
in high magnification [24]. (b) Histological characterization of hard tissue sections at implant sites.
Van Gieson staining of pure Zn. Reprinted with permission from Ref. [55], Copyright 2018, Elsevier.
(c) The Van Gieson staining results of specimens 4 weeks, 8 weeks, and 12 weeks postoperatively.
Within each row, full-view images of bone defect areas (20×), medium magnification images (50×),
and higher magnification images (100×) arranged from left to right. Reprinted with permission from
Ref. [70], Copyright 2020, Elsevier. (d) Van Gieson staining of representative histological images of
femoral fracture healing at 6 months. The fracture healing and fixation screws are magnified and
marked by red rectangles. Reprinted with permission from Ref. [25], Copyright 2021, Elsevier.

 

Figure 7. Schematic representation of common animal bone defect models [98].
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6. Summary and Future Directions

A growing number of new Zn-based biodegradable materials have been developed
and their biodegradability, mechanical properties, and biocompatibility were tested mostly
in vitro and partially in vivo. An ideal biodegradable material for orthopaedic internal
fixation should have a suitable combination of biocompatibility, biodegradability, and
mechanical properties (YS, UTS, and ε). Although the mechanical properties of pure
Zn are difficult to meet the requirements of orthopaedic fixation, Zn-based alloys can
achieve the mechanical properties of traditional implants used in internal fixation at load-
bearing sites. Zn-based materials have a moderate corrosion rate and good biocompatibility.
Their degradation by-product Zn2+ can promote bone growth and mineralization. These
properties support Zn-based biodegradable materials as an alternative for internal fixation
implants at heavy load-bearing skeletal sites. However, many questions still need to be
addressed before Zn-based biodegradable materials can be used for fracture fixation in
clinics (Figure 8).

 

Figure 8. Future directions of Zn-based biodegradable materials.

In terms of biodegradability, (1) the current degradation rate of Zn-based biodegrad-
able materials remains relatively slow, and it needs to be further tuned according to the
target skeletal site to match its healing rate; (2) due to existence of static and dynamic loads
on the skeleton, the stress corrosion and fatigue corrosion of the materials need to be better
understood. In terms of the mechanical properties, (1) the elastic modulus (94–110 GPa)
of current Zn-based biodegradable materials is higher than that of bone and should be
reduced to avoid stress shielding when being used in internal fixation; (2) the creep ef-
fect of Zn-based alloys on the failure of the internal fixation implant at a physiological
temperature of the human body should be explored further. In terms of biocompatibility,
(1) since high content of Zn2+ has toxic effects on cells, attempts should be made to regulate
the degradation rate of internal fixation to ensure that the concentration of degradation
products does not exceed the safe concentration range of the implant site; (2) antibacterial
properties may be explored further. Additionally, in vivo experiments should move from
small animal models to large animal models for heavy load-bearing fracture fixation.
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Abstract: A new protein foaming–consolidation method for preparing porous zinc was developed
using three proteins (egg white protein (EWP), bovine bone collagen protein (BBCP), and fish bone
collagen protein (FBCP)) as both consolidating and foaming agents. The preparation route utilized
powder mixing and sintering processing, which could be divided into three steps: slurry preparation,
low-temperature foaming, and high-temperature sintering. The morphological characteristics of the
pore structures revealed that the porous zinc had an interconnected open-cell structure. Compared
to the porous zinc prepared with EWP or BBCP, the porous zinc prepared with FBCP possessed the
largest average pore size and the highest compressive properties. The porosity of the porous zinc
increased with the stirring time, the content of protein and sucrose, and higher sintering temperatures.
Moreover, a compression test and immersion test were performed to investigate the stress–strain
behavior and corrosion properties of the resulting porous zinc. A fluctuated stress plateau could be
found due to the brittle fracture of the porous cells. The porous zinc prepared with FBCP showed the
highest compressive strength and elastic modulus. The corrosion rate of the porous zinc obtained
through an immersion test in vitro using simulated bodily fluids on the thirty-second day was close
to 0.02 mm/year. The corresponding corrosion mechanism of porous zinc was also discussed.

Keywords: medical degradation; porous zinc; protein foaming; elasticity modulus; compressive strength

1. Introduction

Medically degradable metal can be metabolized and absorbed into the human body,
and the degradation products are harmless for it. The demand for such metals has growing
over recent decades due to their excellent biocompatibility and biodegradability and
their adequate mechanical properties [1,2]. Porous material is a potential material for
implantation for bone tissue regeneration and substitution. Voids and holes in porous
materials can ensure that fresh fluid is easily sent into porous implantation materials,
allowing new bone or vascular tissue to grow into the material [3]. With the proliferation
and differentiation of new bone or vascular cells, the medically degradable porous material
will gradually disappear [4,5]. In addition, as medically degradable porous materials must
also possess adequate mechanical properties for supporting enough strength for surgery
and in vivo tissue recovery processes [6–8].

Over recent decades, bone implantation materials have been made with glass–ceramic [9],
polymer [10], and poly-hydroxyapatite composites [11]. However, the mechanical properties
of these implantations cannot be satisfactory for the whole process of implantation and heal-
ing [12]. On the other hand, though permanent implantation materials such as tantalum [13],
titanium [14], and their alloys have adequate mechanical properties, a stress-shielding influ-
ence would emerge due to their mechanical properties far more than it would with natural
bone [15]. Therefore, degradable metal materials have become a research focus in recent years.
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Currently, the most noticeable medically degradable porous metals include zinc
(Zn) [16], iron (Fe) [2], magnesium (Mg), and their alloys [17]. Mg possesses suitable
mechanical properties and good biocompatibility [18]; however, it releases hydrogen when
it degrades in the body, and the degradation rate is so fast that the integrity of the scaffold-
ing function of the implantation cannot be promised [19–21]. Fe possesses a higher elastic
modulus, which leads to stress shielding [22]. Furthermore, the corrosion rate of Fe is so
slow that it would induce the occurrence of inflammation in the human body [23–26]. Out
of these, zinc possesses the most suitable degradation rate [27,28], and, as an essential trace
element in the human body, it is integral for nucleic acid metabolism and in the induction
of bone cell growth [29–31]. Some parameters of various porous materials are summed up
in Table 1. Several fabrication methods for porous zinc have been investigated, including
infiltration casting [32], additive manufacturing [33], and selective laser melting [33]. Com-
pared with these technologies, the protein foaming method is one of the most promising
approaches due to its easy attainability, friendly interaction with the environment, and
harmless effect on the human body [34].

Table 1. Performance parameters of porous materials.

Material and Method
Compressive
Strength/MPa Application Porosity Ref.

Fe/3DP 16.7 Bone tissue engineering 80~80.6% [24]
Fe/PU 0.382 ± 0.024 Bone tissue engineering 96~97% [25]

Fe/TAED 3.5 Tissue engineering >90% [26]
Mg/FDHP 11.1~30.3 Bone substitute applications 33~54% [18]

Mg/PM 4.4~38 Orthopedic applications 12~38% [21]
Zn/AMC 6~11 Orthopedic applications 22~65% [27]
Zn/AM 10.8~13.9 Bone substitution 60~67% [28]

(PF/HAP) PS 0.3~1.1 Bone tissue engineering 79~89% [11]
Glass-ceramic/PF 2.6~6.2 Biomaterials scaffold 68~78% [9]

Polymer/3DP 2.6~6.2 Engineering architected foams 68~78% [10]
Zn/Protein foaming 1.19~9.20 Cancellous bone substitution 50~85.8% This work

Various cell structures for porous ceramics and metals can be produced by means of
the protein foaming method [35]. Pore structures rely on the diversity of amino acids of
proteins to determine the good binder properties of proteins [36–39]. In particular, forming
a steady two-dimensional network structure with a protein molecule would cause the
bubbles obtained through mechanical stirring in a slurry to be stable [35,40]. Currently,
the protein foaming method is adopted to produce porous materials of Ti4Al6V [41] and
porous ceramic [42], which cannot degrade within the human body. Porous zinc, however,
is promising for use as a substitution for cancellous bone.

In this work, various proteins were used as foaming agents to prepare porous zinc [43,44].
The pore structures and microstructures were characterized, and the compressive properties
and corrosion behaviors in simulated body fluid (SBF) were also investigated.

2. Materials and Methods

2.1. Raw Materials

Porous zinc was produced from zinc powder (granularity: 103 μm; density of zinc
powder; 7.14 g/cm3; 99.99%), egg white protein (EWP) purchased from a local market,
bovine bone collagen protein (BBCP; Shaanxi Chenming biological Co., Ltd., Xi’an, China),
and fish bone collagen protein (FBCP; Dongsheng Biotechnology Co., Ltd., Guangzhou,
China). Sucrose (AR) and polyvinyl alcohol (AR) were added as a binder and a disper-
sant. The distribution of particle sizes for zinc powder is illustrated in Figure 1; it was
measured by using a laser particle size analyzer (Master Size 2000, Malvern Panalytical,
Malvern, UK).
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Figure 1. Zinc particle size distribution.

2.2. Fabrication of Porous Zinc

In order to determine the decomposition temperatures of sucrose, proteins, and a
mixture of zinc powder and additives, a sintering process, differential thermal analysis
(DTA, NETZSCH Gerätebau GmbH, Selb, Germany), and thermogravimetric analysis
(TGA, NETZSCH Gerätebau GmbH, Selb, Germany) were used, as shown in Figure 2. of
the endothermic and exothermic peaks of the three types of proteins used in this study
almost overlapped; Figure 2b represent all of the proteins used in this study.

 
Figure 2. DTA and TGA for the raw materials: (a) sucrose; (b) proteins; (c) green body of porous zinc.
The red line represents the TGA, and the black line represents the DTA.

Figure 2a shows the result of the DTA and TGA for sucrose, which exhibited endother-
mic peaks at 190 and 236 ◦C, respectively. The endothermic peak in DTA was attributed
to the phase transition that occurred during heating. The sudden drop in the TGA was
due to the gases released during thermal decomposition. In combination with the sudden
drop in the TGA curve at around 213 ◦C, this indicated the melting and decomposition of
sucrose. Figure 2b presents the results of the DTA and TGA for the proteins, where three
endothermic peaks can be observed, and the mass loss appeared from the beginning of
the heating. It was obvious that the proteins were decomposing. The decomposition rate
increased from about 200 ◦C. Figure 2c exhibits the results of the DTA and TGA for the
mixture. The TGA curve sharply decreased at about 200 ◦C. Four endothermic peaks at
around 188, 207, 373, and 425 ◦C could be observed, corresponding to the melting and
decomposition of sucrose, the decomposition of the proteins, and the melting of the zinc
powder, respectively.
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Figure 3 shows the fabrication process of porous zinc, which could be divided into
three stages. (a) The slurry preparation stage: The zinc powder, protein (EWP, BBCP, or
FBCP), sucrose, polyvinyl alcohol, and dilute HCl were added into deionized water. Table 2
shows the composition and content of the slurry. By carrying out substantial experiments,
optimal parameters were obtained and porous zinc was successfully fabricated. Proteins
were chosen according to the relevant literature [43,44]. A stirring time of 5–20 min at a
speed of 80–100 rpm was necessary to introduce numerous air bubbles. The slurry was
then allowed to stand at room temperature for 0–20 min. (b) The low-temperature foaming
stage: The slurry was placed in a drying oven for foaming at a temperature of 70–100 ◦C
for a period of 2–4 h, during which the moisture was removed and a preliminary porous
structure formed. It can be inferred from Figure 2 that, at this temperature, the proteins
and sucrose did not decompose. (c) High-temperature sintering stage: A preform covered
with graphite was sintered at a temperature of 435–490 ◦C for 7–10 h in order to prevent the
samples from cracking. The samples were then taken out to cool down when the sintering
was completed. It can be observed from Figure 2 that the proteins and sucrose decomposed
at this temperature and released gases, which affected the morphology of the porous zinc.

 
Figure 3. Fabrication process of porous zinc.

Table 2. Slurries consisting of different compositions and contents for the fabrication of porous zinc.

Types of Protein
Content (wt.%)

Protein Sucrose Polyvinyl Alcohol Deionized Water 1M HCL

FBCP 0.24 5 5 9.53 0
FBCP 1.2 10 0 8.8 0.67
BBCP 0.24 15 3 8.96 0.45
BBCP 0.80 5 0 3.9 0.22
EWP 3 5 5 4.7 0
EWP 15 10 3 2.92 0.67
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2.3. Property Characterization

The porosity of the porous zinc was measured with the following equation.

P =

(
1 − ρ

ρs

∗) × 100% (1)

where ρ* and ρs are the densities of the porous zinc and the cell wall material, respectively.
The pore size was measured by using Image J on SEM images, and the distribution of

pore sizes was obtained by using statistics. Field-emission scanning electron microscopy
(Quanta250FEG, FEI Co., Ltd., Hillsboro, OR, USA) was used to observe the pore morphol-
ogy, pore size, and distribution. X-ray diffraction patterns of porous zinc were obtained
using an X-ray diffractometer (D8 ADVANCE, Bruker-AXS Co., Ltd., Karlsruhe, Germany)
with Cu–Kα radiation at 40 kV with a scanning rate of 10◦/min in the range of 10–90◦.

Quasi-static compression tests were conducted in a CMT5105 material testing system
(MTS Co., Ltd., Suncheon-si, Korea) with a strain rate of 10−3 on specimens with dimensions
of 15 mm × 18 mm [45]. At least five tests were conducted for each specimen to guarantee
the reliability of the results.

The corrosion behavior of porous zinc produced with FBCP was investigated with an
in vitro immersion test in SBF [46] for up to 32 d based on ASTM G31-12. The chemical
composition of the solution is indicated in Table 3. The pH of the SBF solution was
between 7.4 and 7.45 and was adjusted with 1 M HCl. The diameter and height of the
specimen for immersion are 10 mm and 10 mm respectively. The volume of SBF added
was 20 mL/cm2 [47] according to the surface area of the porous zinc, supposing that it was
made up of many spheres. The size and number of spheres were related to the porosity and
average pore size of porous zinc. The surface areas (cm2) of the samples were calculated
with Equation (2).

A = 4 π

(
d2

2

)
×

⎛
⎜⎝ V × P

4
3 × π

(
d
2

)3

⎞
⎟⎠ =

6 V P
d

(2)

where d is the average diameter (cm), V is the volume of the samples (cm3), and P is the
porosity of the samples (%).

Table 3. Regents of preparing SBF.

Rank Reagent Content Purity Molecular Weight

1 NaCl 8.035 g/L 99.5% 58.4430 g/mol
2 NaHCO3 0.355 g/L 99.5% 84.0068 g/mol
3 KCl 0.225 g/L 99.5% 74.5515 g/mol
4 K2HPO4 3H2O 0.231 g/L 99.0% 228.2220 g/mol
5 MgCl2 6H2O 0.311 g/L 99.0% 203.3034 g/mol
6 1.0M HCl 39 mL/L - -
7 CaCl2 0.292 g/L 95.0% 110.9848 g/mol
8 NaSO4 0.072 g/L 99.0% 142.0428 g/mol
9 Tris 6.118 g/L 99.0% 121.1356 g/mol
10 1.0M HCl 0~5 mL/L - -

The immersion temperature was 37 ± 0.5 ◦C, and the solution was renewed every
two days. During immersion, the amounts of zinc ions in the SBF were evaluated with a
spectrophotometer (722N, Shang Hai Jing Hua Instrument, Shanghai, China). The degra-
dation byproducts of the porous zinc were removed according to the method [48] using
chromic acid solution (200 g/L CrO3). The process of cleaning the degradation byproducts
was carried out at 80 ◦C for 1 min, and then alcohol and water were used to clean again
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at room temperature. The corrosion rate (mm/year) was calculated with the following
equation [47].

CR = 8.76 × 104 M
A t ρ

(3)

where M is the mass loss weight (g), A is the surface area of the samples (cm2), t is the test
duration (h), and ρ is the density of zinc (g/cm3).

Field-emission scanning electron microscopy (Quanta250FEG, FEI Co., Ltd., Hillsboro,
America) was used to observe the pore morphology and corrosion products of porous Zn.
X-ray diffraction patterns of porous zinc were obtained using an X-ray diffractometer with
Cu–Kα radiation at 40 KV with a scanning rate of 10◦/min in the range of 10–90◦.

3. Results and Discussion

3.1. Pore Structure of Porous Zinc

Figure 4 shows the macrostructures of the porous zinc prepared by using different
proteins. The samples prepared with EWP (Figure 4a,b), BBCP (Figure 4c,d), and FBCP
(Figure 4e,f) exhibited similar structures.

 
Figure 4. Macrostructures of porous zinc using different proteins: (a,b) EWP; (c,d) BBCP; (e,f) FBCP.

The porosity of porous zinc increased if the stirring time was longer and more protein
and sucrose were added. A maximum porosity of nearly 85% was achieved with a longer
stirring time and more sucrose and protein. A minimum porosity of nearly 50% was
achieved with shorter agitation time and less protein and sucrose. The porosity could even
be further decreased below the minimum value by further reducing the stirring time and
the content of protein and sucrose.

Figure 5a–f show the microstructures of porous zinc produced with different proteins.
An interconnected open-cell structure could be observed in three samples. The pores of the
porous zinc foamed with EWP (Figure 5a,b) with a porosity of 76% ± 2% were irregular
and dense. However, the sample foamed with BBCP (Figure 5c,d) with a porosity of
76% ± 2% showed circular and regular pores. The pore walls contained numerous hollow
spheres (Figure 5d). These could have been contributed by the gas produced through the
decomposition of the organic additives during sintering, which was then wrapped by the
partly molten zinc. Compared to the samples foamed with EWP and BBCP, that foamed
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with FBCP with a porosity of 53% ± 2% displayed a larger pore size and thicker pore walls,
as shown in Figure 5e,f. A large number of small and roughly circular pores could be found.
The results suggested that the porous zinc produced with BBCP/FBCP had a suitable pore
structure for implants.

Figure 5. SEM images of porous zinc using different proteins: (a,b) EWP with a porosity of 76% ± 2%;
(c,d) BBCP with a porosity of 52% ± 2% (stirring time: 20 min, sintering temperature: 490 ◦C);
(e,f) FBCP with a porosity of 53% ± 2%.

Figure 6 shows the pore size distributions of the porous zinc prepared with EWP, BBCP,
and FBCP; the porosity of the various samples of porous Zn was 76% ± 2%, 52% ± 2%, and
53% ± 2%, respectively. It can be seen that the pore sizes of the samples foamed with BBCP
and FBCP were much larger than that of the sample foamed with EWP. Figure 7 shows
the distribution of pore sizes of the micropores in the pore walls of the sample produced
with BBCP that was shown in Figure 5c. The average diameter of the hollow spheres
was 7–8 μm. It could be observed that the porous zinc produced with FBCP possessed
the highest average pore size, making it more suitable as an implant for the growth of
bone tissue.
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Figure 6. Diameter distribution in porous zinc produced with (a) EWP with a porosity of 76% ± 2%,
(b) BBCP with a porosity of 52% ± 2%, and (c) FBCP with a porosity of 53% ± 2%.

 
Figure 7. Size distribution of micropores in the pore walls of the porous zinc produced with BBCP
with a porosity of 52% ± 2 %.

The XRD patterns of the porous zinc samples sintered at different temperatures are
shown in Figure 8. It can be seen that the sintered samples were mainly composed of
Zn, ZnO, and C12H10N4O4Zn. The reason for the formation of C12H10N4O4Zn can be
attributed to the combination reaction that occurred during the decomposition of proteins
and sucrose and the melting of zinc. The peak intensity of C12H10N4O4Zn decreased with
increasing sintering temperature, demonstrating that a higher sintering temperature was
beneficial for the removal of organics.
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Figure 8. XRD patterns of the porous zinc produced with FBCP with a porosity of 53% ± 2% at
different sintering temperatures: (top) 470 and (bottom) 435 ◦C.

3.2. Compression Properties

The compressive stress–strain curves of porous zinc are shown in Figure 9. The curves
could be divided into three typical stages. The first was the elastic stage. The FBCP samples
showed a higher peak stress and elastic modulus compared to those of the BBCP and EWP
samples. The EWP samples showed the lowest peak stress and elastic modulus. The second
was the stress fluctuation stage, during which the pore walls collapsed with increasing
stress. A large stress drop occurred at this stage. It is worth noting that the stress plateau
decreased with strain at the second stage when the porosity of sample was lower than 60%,
which can be attributed to the brittle fracture of the pore walls. Finally, a densification stage
was exhibited, in which the subtended pore walls came into contact, causing an abrupt
increase in stress.

 

Figure 9. The effect of porosity on compression stress–strain curves and the relationship of porosity
with the compressive strength and modulus of elasticity: (a) EWP, (b) BBCP, and (c) FBCP. (d) The
relationship of porosity with compressive strength and the modulus of elasticity in porous zinc
produced with FBCP.
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The porous zinc produced with EWP with porosities of 78.62% and 76.45% presented
the lowest compressive strengths of 0.63 and 0.72 MPa (Figure 9a). The BBCP porous zinc
samples with porosities of 62.29% and 52.82% presented the compressive strengths of 2.33
and 6.80 MPa (Figure 9b). Figure 9c presents the stress–strain curves of the porous zinc
produced with FBCP with porosities of 68.63%, 63.30%, and 53.08%. The corresponding
compressive strengths were 1.30, 4.8, and 9.2 MPa, respectively. The fabricated porous zinc
produced with FBCP/BBCP/EWP exhibited porosities and mechanical properties close to
those of a human cancellous bone, with porosities from 30% to 95%, a compressive strength
from 2 to 12 MPa, and a modulus of elasticity from 0.1 to 5 GPa [24]. The results exhibited
that the porous zinc produced with FBCP (porosity of 53.08%) had the highest compressive
strength compared to the porous zinc produced with EWP/BBCP. As described above,
the porous zinc produced with FBCP possessed the highest compressive properties and a
suitable pore structure, which was what we needed.

The effect of porosity on the compressive strength and elastic modulus of porous zinc
presented in Figure 9d indicated that the compressive strength and elastic modulus of
porous zinc decreased with the porosity.

3.3. Corrosion Behavior

Figure 10 shows the corrosion rates and content of Zn2+ of the porous zinc produced
with FBCP with a porosity of 53–58%. The corrosion rates of the porous zinc decreased with
the increase in immersion time, indicating that the formation of corrosion products had a
protective effect on the surface of the porous zinc. In two days, a quick improvement in the
corrosion rate and content of Zn2+ was observed because bare porous zinc was in contact
with the SBF solution. The occurrence of a sudden decrease in the corrosion rate on the
third day was mainly caused by the production of corrosion products on the surface, which
impeded the corrosion process. As the pore structure was not absolutely the same for the
experiments, the corrosion rate of the porous zinc underwent minor fluctuations. Moreover,
with the increase in the corrosion products, the corrosion rate decreased, and consequently,
the corrosion rate was close to 0.02 mm/year [16], which satisfied the requirements for
corrosion rates in bone implants of less than 0.5 mm/year [16], indicating that porous zinc
could be applied for cancellous bone implantations.

 
Figure 10. Corrosion rates of the porous zinc prepared with FBCP with a porosity of 53–58% and the
content of zinc ions.

The corrosion behavior of the porous zinc produced with FBCP was evaluated through
the characterization of the SEM surface morphologies of the degraded porous zinc af-
ter 32 days of immersion, as shown in Figure 11a–f. The pore sizes of the porous zinc
(Figure 11a–f) produced with FBCP ranged from 0.01 to 2.08 mm, with a porosity of 53–58%.
Figure 11 shows that the majority of the corrosion occurred in the bonding of particles, and
corrosion pits occurred on the surfaces of the particles. It appeared that the bonding of
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the particles was corroded more easily than their surfaces. This may be attributed to the
oxidation and cathodic reactions.

 
Figure 11. SEM images of porous zinc produced with FBCP with a porosity of 53–58% after immersion
for different periods of time: (a) 0, (b) 5, (c) 10, (d) 15, (e) 25, and (f) 32 d.

It can be observed from Figure 12 that the EDS analysis after immersion of the porous
zinc produced with FBCP indicated that the surface covered with corrosion products
consisted of C, O, Zn, Na, P, Ca, S, and K (Figure 12a), while the surface after cleaning
consisted of C, O, Zn, and Na (Figure 12b), indicating that the corrosion product mainly
consisted of P, Ca, S, and K, and that P-based and Ca-based corrosion products were located
on the top of the corrosion layer.

 
Figure 12. EDS analysis of the porous zinc produced with FBCP after immersion: (a) porous zinc
produced with FBCP covered with corrosion products before cleaning; (b) porous zinc produced
with FBCP after cleaning.

The corresponding EDS mapping results for the porous zinc produced with FBCP
covered with the corrosion product are shown in Figure 13; the whole region mainly
contained Na, O, P, Zn, Ca, Mg, Cl, and K. Many corrosion products were distributed on
the surface of the porous zinc. There were more corrosion products attached to the surface
in the bright portion with micro-cracks.
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Figure 13. EDS spectra of the porous zinc produced with FBCP after immersion.

To analyze the phase compositions of the corrosion products of the porous zinc,
EDS and XRD (Figures 12–14) were performed; the corrosion morphology was also an-
alyzed (Figures 11–13). The XRD patterns of the corroded porous zinc produced with
FBCP after immersion in SBF for 32 d are given in Figure 14. The corrosion products
of porous zinc may include ZnO, ZnCO3, Zn3(PO4)2, Zn(OH)2, CaCO3, Ca3(PO4)2, and
Ca3Zn2(PO4)2CO3(OH)2 [31,49–52], which can be degraded in the human body through
metabolism, and they have no toxicity. These corrosion products were in agreement with
the loose and porous surface morphology of the porous zinc after corrosion (Figures 11–13).
A passive film, such as Zn3(PO4)2, can protect the underlying porous zinc and delay degra-
dation. However, ZnO enhanced the degradation by forming a galvanic couple with Zn.
The degradation of zinc in the nearly neutral environment in the SBF can be described
as follows [53].

Zn → Zn2+ + 2e− (4)

O2 + 2H2O + 4e− → 4OH− (5)

Zn2+ + 2OH− → Zn(OH)2 (6)

2Zn2+ + 2OH− → 2ZnO + H2 (7)
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Figure 14. XRD patterns of porous zinc produced with FBCP after immersion in SBF for 32 d.

Zinc hydroxide (Zn(OH)2) can redissolve due to chloride attack in physiological
conditions; thus, zincite (ZnO) was the more dominant corrosion product, as it had more
thermodynamically stable oxidation, and the released Zn ions could react with phosphate
ions to form insoluble Zn phosphate (Zn3(PO4)2) [30].

Zn(OH)2 + 2Cl−→ Zn2+ + 2OH− + 2Cl− (8)

3Zn2+ + 2HPO4
2− + 2OH− + 2H2O → Zn3(PO4)2·4H2O (9)

4. Conclusions

In the present study, a new protein foaming–consolidation porous zinc was success-
fully fabricated with three proteins as consolidating and foaming agents. The effects of
stirring time, content of protein and sucrose, and sintering temperature on the microstruc-
ture, compressive properties, and corrosion properties of porous zinc were investigated.
The main conclusions drawn from the current work are as follows:

1. Porous zinc was produced using three simple steps of slurry preparation, low-
temperature foaming, and high-temperature sintering. The processing method is
applicable to the preparation of porous zinc with porosities in the range of 50–85.8%
and pore sizes in the range of 0.012 to 2.08 mm. The porous zinc produced with FBCP
exhibited the highest compressive strength and elastic modulus.

2. The macrostructure of porous zinc can be changed with different protein types, the
content of protein and sucrose, the stirring time, and the sintering temperature.

3. The porosity increased with the stirring time, as well as the content of protein and
sucrose. The porous zinc produced with FBCP exhibited more circular and regular
pores and the largest pore size.

4. The compressive properties of porous zinc were highly dependent on the porosity
and types of proteins. Porosity and compressive strength were inversely proportional.
Porous zinc prepared with FBCP exhibited a superior compressive strength and elastic
modulus. The compressive strength of the porous zinc produced with FBCP was
about eight times higher than that of the porous zinc produced with EWP.

5. The main corrosion mechanisms of porous zinc showed that Zn ions would re-
act with hydroxyl ions, carbonate ions, phosphate ions, etc. The corrosion prod-
ucts were determined to be ZnO, ZnCO3, Zn3(PO4)2, Zn(OH)2, CaCO3, Ca3(PO4)2,
and Ca3Zn2(PO4)2CO3(OH)2, which can be degraded in the human body through
metabolism. The corrosion rate of porous zinc obtained through an in vitro immersion
test using simulated body fluid on the thirty-second day was close to 0.02 mm/year.
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6. Overall, porous zinc shows an optimal combination of compressive and corrosion
properties and is considered as highly promising for the requirements of cancellous
bone implantation.
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Abstract: Cemented polished tapered femoral stems (PTS) made of cobalt–chrome alloy (CoCr) are a
known risk factor for periprosthetic fracture (PPF). The mechanical differences between CoCr-PTS
and stainless-steel (SUS) PTS were investigated. CoCr stems having the same shape and surface
roughness as the SUS Exeter® stem were manufactured and dynamic loading tests were performed on
three each. Stem subsidence and the compressive force at the bone–cement interface were recorded.
Tantalum balls were injected into the cement, and their movement was tracked to indicate cement
movement. Stem motions in the cement were greater for the CoCr stems than for the SUS stems.
In addition, although we found a significant positive correlation between stem subsidence and
compressive force in all stems, CoCr stems generated a compressive force over three times higher
than SUS stems at the bone–cement interface with the same stem subsidence (p < 0.01). The final
stem subsidence amount and final force were greater in the CoCr group (p < 0.01), and the ratio of
tantalum ball vertical distance to stem subsidence was significantly smaller for CoCr than for SUS
(p < 0.01). CoCr stems appear to move more easily in cement than SUS stems, which might contribute
to the increased occurrence of PPF with the use of CoCr-PTS.

Keywords: bone cement; cobalt–chrome alloy; Exeter stem; periprosthetic femoral fractures; polished
tapered stem

1. Introduction

For cementless total hip arthroplasty (THA), the femoral stem is typically made of
a titanium alloy due to its ease of processing, good biocompatibility, and minimal stress
shielding. In contrast, cemented stems have been fabricated using various metal materials,
such as titanium alloy, stainless steel (SUS), cobalt–chromium alloy (CoCr), among others.
In the cemented stems, collarless polished tapered stems (PTS) having a surface roughness
of less than 0.1 μm provide long-term results superior to stems with a surface roughness
of 2.5 μm to 12 μm [1–4]. However, several studies have shown a greater frequency of
postoperative periprosthetic fractures (PPF) with PTS than with composite beam-type
stems [5–8]. Importantly, national joint registries have reported a higher PPF revision rate
for PTS made of cobalt–chromium alloy (CoCr) than for PTS of stainless steel (SUS) [9,10].

Differences in stem design and surface roughness are thought to affect the frequency
of PPFs, but insufficient data exist to confirm uniform in-cement stem behavior across
stems fabricated from differing materials.

In a biomechanical study on differences between CoCr and SUS using cone rods, the
researcher prepared cylindrical polished tapered rods of the same shape and having the
same coefficient of friction. When the rods were fixed into cement and placed under load,
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the CoCr rods slipped significantly farther than the SUS rods, and the strain gauge on
the cement surface around the CoCr rods demonstrated more cement creep than around
the SUS rods [11]. That experiment pointed to differences in rod subsidence and cement
stress between polished SUS and CoCr rods, but provided no information about differences
in biomechanical behavior among stem materials in cemented stems. This experiment
suggests that there may be differences in subsidence and stress on the cement between
polished SUS and CoCr stems. If the CoCr-PTS exhibits greater subsidence than the
SUS-PTS, this could explain the difference in PPF fracture frequency.

The Exeter® stem (Stryker, Allendale, NJ, USA) is made of SUS and is the most widely
used PTS in the world, providing excellent clinical results [12]. Therefore, a materials
comparison between a CoCr product and the Exeter stem could be highly meaningful.

For this study, original Exeter stems made of SUS were compared to copied Exeter
stems made of CoCr with the exact same shape and surface roughness, which exhibited
different mechanical behaviors.

2. Materials and Methods

2.1. Implant Preparation

The original Exeter® stem was made of SUS, but no CoCr counterpart was available.
At our request, Stryker company approved this study and provided original computer-
aided design (CAD) data on the Exeter stem, size 1 with 44 mm offset, for experimental
purposes limited to this study. A CoCr stem identical in shape to the Exeter stem was
then manufactured (Nagumo Manufacturing, Jyoetsu, Niigata, Japan) using the CAD data
provided by Stryker. The manufacturing error was ±1 μ [13]. The surface of each CoCr
stem was ground to a polished surface roughness of less than 0.1 μm (Yoshida Seiko,
Kanazawa, Ishikawa, Japan). For this study, three Exeter (SUS) stems were prepared, and
three CoCr stems with the same shape and surface finish as the Exeter stems were also
prepared (Figure 1). Prior to the loading experiment, the surface roughness of the stems
(one original Exeter stem and all three CoCr-Exeter-shaped stems) was measured (Figure 2).

 
Figure 1. Exeter stem (SUS) and Exeter-shaped CoCr stem. On the left is an original Exeter stem. On
the right is our Exeter-shaped stem of CoCr. The Exeter-shaped CoCr stem was made using the exact
same design and surface roughness as the original stem.
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Figure 2. Measurement of stem surface roughness. Prior to the loading experiment, the surface
roughness of the stem was analyzed. Using a laser microscope (VK-8700, Keyence, Osaka, Japan),
surface roughness was assessed at 18 sites on the front and back surfaces of the stem: three positions
at 20 mm (proximal), 78 mm (middle), and 120 mm (distal) from the top of the stem.

2.2. An Experimental Device

The equipment for load testing and the data measurement methods used in this study
were consistent with those previously reported [14–16]. Composite femurs were used
instead of cadaveric femurs to avoid variations based on individual differences in bone
strength and canal shape. The composite femurs (#3403®, Pacific Research Laboratories,
Vashon, WA, USA) had mechanical properties comparable to the human femur. We cut
the composite femur neck obliquely at 20 mm distal to the top of the greater trochanter,
the same procedure as for THA, and we cut the distal portion of the femur 230 mm from
the top of the greater trochanter. To create the composite femoral canal, we used an Exeter
stem broach that was attached to a test fixator of S45C structural carbon steel and epoxy
resin (Devcon B, ITW Industry, Osaka, Japan). Both the fixator and the composite femur
were penetrated by the rod that protected the measuring equipment. This allowed us to
conduct measurements at a constant site. The rod passing through the inner tube was
secured on the face of the medullary canal of the composite femur (Figure 3A). To mimic
the wet conditions of the in vivo femoral environment, the composite femurs were soaked
in blended vegetable oil for 24 h before attaching them to the test equipment. An 80 g
sample of bone cement (Simplex p, Stryker, NJ, USA) was mixed in a vacuum cement
mixing system (ACM vacuum mixing ball, Stryker, Tokyo, Japan), and a cement injection
gun was used to insert the mixture into the femoral canal. Based on reports that the creep
and mechanical behavior of bone cement can differ significantly between room temperature
and body temperature [17], the experiment was performed to mimic in vivo environmental
conditions by maintaining the test equipment at 37 ◦C with a temperature sensor (T-35®,
Takigen MFG Co., Ltd., Tokyo, Japan) and a heater (G6A92® [240 V, 250 W], Takigen MFG
Co., Ltd., Tokyo, Japan).

2.3. Stem and Tantalum Ball Insertion

After the cement was delivered, each stem was inserted into the composite femur.
Before the cement hardened, we used an indwelling needle to inject tantalum balls 0.6 mm
in diameter into the cement around the stem. Before and after the loading test, micro-
computed tomography (CT) was taken from the area of the neck cut to 30 mm below the
lesser trochanter, to measure the three-dimensional movement of each tantalum ball. The
movement of the tantalum ball was assumed to represent the movement of the cement
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around the stem. Measurements were performed according to the method described by
Takahashi et al. [15]. The movement of the balls was measured both horizontally and
vertically, independent of the stem, and the final amount of subsidence for each stem and
the ratios of ball subsidence/stem subsidence were calculated.

Figure 3. The experimental device. A unit consisting of the stem, cement, and composite femur is
placed in the tester to simulate the internal human body conditions as closely as possible. (A) A rod
(blue arrow) passed through the composite femur from the outside of the fixator. A load cell sensor
to sense the pressure was placed at the bone–cement interface through this hole. (B). After a stem
was fixed with cement into the composite femur, the digital gauge (blue arrow) was in contact with
the shoulder of the stem. (C). The loading element was inclined at 15◦ with the front portion raised,
so that the load was applied 15◦ medially to the femoral head at the top of the stem (blue arrow). The
yellow arrow indicates the load cell on the proximal medial side.

2.4. Loading Method and Loading Period

Cyclical loading (1 Hz, 30 to 3000 N) was applied 500,000 times to a metal femoral
head (cobalt–chromium alloy, 26 mm in diameter) attached to the stem neck. A fatigue
testing system (EHF-UM 300KN-70L; Shimadzu Corporation, Kyoto, Japan) was used at an
angle of 15◦ medially to the coronal plane of the model to mimic normal in vivo loading in
a 70 kg adult [18]. In this experiment, an eight-hour non-loading period was incorporated
between the 16 h loading periods to simulate the actual sleep period in a clinical setting
and allow for stress relaxation of the cement.

2.5. Measurement of Stem Subsidence

A digital displacement gauge (DTH-A-5, 5 mm; Kyowa Electronic Instruments Co.,
Ltd., Tokyo, Japan, Figure 3B) was placed on the proximal lateral portion of the stem to
measure stem subsidence over time. Data were transmitted automatically to a computer
through data collection and analysis software (Sensor Interface PCD-300A, Kyowa Elec-
tronic Instruments Co., Tokyo, Japan). Due to the vast amount of collected data, a single
file containing 8 min of measurement data every hour was used, and 216 files (24 h a day
for 9 days) were generated for each loading test. The 16 h loading period for each day
was divided into early, middle, and late phases, and the first two files from each phase
(a total of 20,000 values) were collected for use. Subsidence was defined as the mean
of the maximum values for sine waves from the 20,000 values during each phase of the
loading period. Additionally, the mean values of the 20,000 data sets were collected for the
duration of non-loading. On the final day of the experiment, the final compressive force
and stress relaxation values were collected as the mean and standard deviation (SD) values.
Graphs were made for continuous data on stem subsidence for all models throughout
the experiment.
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2.6. Measurement of Compressive Force at the Bone–Cement Interface

After the cement had hardened, a rod in the tube from outside the fixator was con-
nected to a load cell (TR20I 500N/fs®, TR20I 200N/fs®, Kyowa Electronic Instruments Co.,
Ltd., Tokyo, Japan, Figure 3C) and the pressure transducer. The rod was placed at eight
sites on the medial, lateral, anterior, and posterior sides of the proximal and distal femur at
the interface with the bone cement in the femoral canal. We measured compressive forces at
the cement–bone interface over time after calibration and input those measured values au-
tomatically into a computer. The loading and non-loading periods each day were classified
into 3 periods (early, middle, and late). The compressive force in each period was defined
as the mean of the collected 960 maximum values of sine waves in the 2 consecutive files
after the start of that period (60 values/min × 8 min × 2 times). In total, 27 averaged values
(3 × 9 days) were used to analyze stem subsidence and compressive force, respectively.
Continuous data of compressive force were graphed throughout the experiment.

2.7. Measurement of Cement Thickness

After the loading tests were completed, all stems were removed from the cement. CT
images were then taken with a slice spacing of 1 mm to measure the thickness of the cement
mantle. The average thickness of the cement was calculated using four scans of horizontal
sections aligned with the insertion holes of the proximal rods. The thickness of the cement
layer was measured in the middle of each of the anterior, posterior, medial, and lateral
areas (Figure 4).

Figure 4. CT images, taken after stem removal. CT images were taken at 1 mm slice spacing in four
horizontal sections aligned with the insertion holes of the proximal lateral femoral rods to measure
the cement thickness. (A) Coronal slice of femoral canal center. 1: Upper edge of proximal lateral
hole for rod. 2: Lower edge of proximal lateral hole for rod. 3: Upper edge of distal lateral hole for
rod. 4: Lower edge of distal lateral hole for rod. (B) Axial slice at the level of 1; (C) Axial slice at the
level of 2; (D) Axial slice at the level of 3; (E) Axial slice at the level of 4. The thickness of the cement
layer was measured at the midpoint of each area.

2.8. Statistical Analysis

We compared the amount of stem subsidence, compressive force at the bone–cement
interface, tantalum ball behavior, and surrounding bone cement thickness between the two
groups using the Mann–Whitney U test. The relationship between stem subsidence and
compressive force at the bone–cement interface was analyzed using Pearson’s correlation
coefficient. Statistical significance was indicated for a probability (alpha) of 0.01. All
statistical analyses were performed using the Social Science Package version 18.0 (SPSS
Inc., Chicago, IL, USA).
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3. Results

3.1. Surface Roughness of the Stem before the Experiment

Stem surface roughness was measured before the load test was initiated. The surface
roughness of the Exeter stem and the CoCr stems was Ra = 49.61 (SD 13.59) nm and
Ra = 52.56 (SD 9.32) nm, respectively. The surface roughness for all areas of all polished
stems was less than 100 nm (=0.1 μm). There were no obvious differences in surface
roughness across all areas and all stems (Table 1).

Table 1. Surface roughness in all stem areas.

SUS Group CoCr Group

No.1 No.2 No.3 No.1 No.2 No.3

Front
proximal 50.67 (22.19) 35.00 (9.64) 49.33 (22.12) 54.00 (1.00) 38.67 (0.58) 46.33 (1.15)
middle 41.33 (3.21) 40.00 (3.61) 43.00 (3.46) 48.33 (3.06) 49.00 (5.29) 46.33 (4.04)
distal 58.67 (10.40) 66.33 (6.03) 54.33 (10.26) 54.33 (8.50) 55.33 (14.01) 57.33 (8.14)

Back
proximal 47.00 (1.73) 32.00 (2.65) 43.67 (2.31) 60.00 (7.21) 51.33 (6.43) 42.33 (1.52)
middle 57.33 (10.12) 37.00 (1.00) 59.00 (10.39) 56.33 (3.21) 53.00 (5.57) 42.00 (5.29)
distal 67.00 (8.89) 45.67 (9.02) 65.67 (9.45) 64.33 (10.50) 68.33 (7.64) 58.67 (1.53)

Surface roughness was assessed on the front and back surfaces of the stem: proximal, middle, and distal from the
top of the stem as shown in Figure 2. Numbers indicate mean thickness in each group. Numbers within ( ) are
standard deviation. The notation unit is nm.

3.2. The Amount of Stem Subsidence (Figure 5)

Subsidence was greatest on the first day, followed subsequently by gradual subsidence
in both stem models. Mean final subsidence was significantly greater in the CoCr group,
at 0.478 (SD 0.063) mm vs. 0.257 (SD 0.094) mm in the SUS group (p < 0.001). During the
loading period, first-day subsidence was 0.123 (SD 0.046) in the SUS group and 0.138 (SD
0.056) in the CoCr group (p = 0.355), and first-day rise was 0.114 (SD 0.035) and 0.131 (SD
0.050), respectively (p = 0.323), with no significant difference between the two groups in
either subsidence or rise during the first day. Excluding the first day, stem subsidence was
significantly greater in the CoCr group, at 0.1028 (SD 0.0207) mm vs. 0.0437 (SD 0.0203)
mm in the SUS group (p < 0.001). Stem rise throughout the non-loading period was greater
for CoCr, at 0.0674 (SD 0.0153) mm than 0.0295 (SD 0.0148) mm for SUS (p < 0.001).

Figure 5. Diagram showing the subsidence of stems. All stems subsided rapidly on the first day and
then gradually continued to subside. All stems subsided during loading and rose during non-loading.
Except for the first day, daily stem subsidence and stem rise was significantly greater for the CoCr
stems than for the SUS stems. Final subsidence of the three CoCr stems was significantly greater than
that of the three SUS stems.
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3.3. Compressive Force at the Bone–Cement Interface

The final maximum compressive force at the bone–cement interface for both stems
was measured for four stems (SUS1, SUS3, CoCr1, CoCr2) on the proximal medial side and
for two on the proximal lateral side (SUS2, CoCr3) (Figure 6). The final compressive force
was greater in the CoCr group than in the SUS group at the proximal medial (p < 0.001)
and distal lateral (p = 0.004) region significantly (Figure 6).

Figure 6. Final forces at the cement–bone interface. Final compressive forces are shown for the SUS
(blue) and CoCr (red) stems. The three major regions of compressive force were the proximal medial
and lateral regions and the distal lateral region. The bars show mean force in each group, and the lines
show standard deviation. The forces differed significantly between the two groups in the proximal
medial and distal lateral regions. (Proximal medial p value < 0.001; distal medial p value = 0.258;
proximal lateral p value = 0.258; distal lateral p value = 0.004).

The forces in the anterior and posterior regions were small values compared to the
medial and lateral regions. The compressive forces at the cement–bone interface in the
proximal medial region gradually increased over the course of the experiment. The com-
pressive forces generated by all CoCr stems were significantly greater than those generated
by all SUS stems throughout the experiment, and the rate of increase in compressive forces
was greater for the CoCr stems than for the SUS stems (Figure 7).

A strongly significant positive correlation was demonstrated between subsidence
values and compressive forces in all stems, indicating that the stem subsidence generated
compressive force at the cement–bone interface (Figure 8). Between 0.05 mm and 0.1 mm
of subsidence, the compressive force was more than four times greater for CoCr than for
SUS, a significant difference (37.42 (SD 7.41) N for SUS and 166.34 (SD 23.14) N for CoCr,
p < 0.001) and consistent with our findings for subsidence between 0.1 and 0.15 mm
(53.68 (SD 5.65) N in the SUS group and 186.62 (SD 31.64) N in the CoCr group, p < 0.001).
In other words, even with the same amount of subsidence, CoCr stems generated a larger
compressive force, more than three times that for SUS stems at the bone–cement interface.

A strongly significant positive correlation was observed between stem subsidence
and compressive force at the cement–bone interface in all stems. Correlation equations,
p values, and coefficient of determination (r2) are shown below, from the left:

SUS1: y = 329x + 8.7903, p < 0.01 (r2 = 0.9787)
SUS2: y = 93.348x + 19.413, p < 0.01 (r2 = 0.5432)
SUS3: y = 394.85x + 9.5199, p < 0.01 (r2 = 0.9626)
CoCr1: y = 433.82x + 150.43, p < 0.01 (r2 = 0.9668)
CoCr2: y = 567.14x + 135.41, p < 0.01 (r2 = 0.9881)
CoCr3: y = 407.12x + 104.86, p < 0.01 (r2 = 0.9775).
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Figure 7. Compressive forces at cement–bone interface in proximal medial region throughout the
experiment. Compressive forces from CoCr stems were much greater than from SUS stems throughout
the experiment. The mean compressive force associated with CoCr was significantly greater than
with SUS on the final day.

Figure 8. Correlation of stem subsidence and compressive force in proximal medial region. Dots
represent the values of each point of stem subsidence and compressive force since the second day. An
approximate straight line for each dot was calculated for each stem, and a straight line was generated.

3.4. Movement of Tantalum Balls

The tantalum balls were attempted to be positioned around the stem on the medial,
lateral, anterior, and posterior sides, but in some cases, it was not possible to successfully
place the balls on the posterior side of the stems. As a result, the tantalum balls in the
posterior cement were excluded from the analysis.

The actual distance of tantalum ball movement may vary for each composite femur
due to calibration differences; therefore, the distances cannot be compared simply. For this
reason, the ratio of horizontal movement to vertical movement was compared for each
ball used with each femur. Although there was no difference between the SUS and CoCr
stems in the ratio of horizontal/vertical ball movement (p = 0.863), the ratio of ball vertical
movement to stem subsidence was significantly smaller for CoCr than for SUS (p = 0.008).

This result indicated that CoCr stems slipped more against the cement surface than
did the SUS stems, even with identical ratios for cement creep (Table 2).
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3.5. Cement Thickness

Due to the hard cancellous bone in this composite bone model, there was minimal
cement integration into the bone. As a result, the cement mantles were highly detectable
and measurable with accuracy on all slices of CT in all composite femurs.

Between the two groups, there was no significant difference in cement thickness
around the lesser trochanter between the SUS and CoCr groups (mean thickness 1.813 mm
for SUS and 1.842 mm for CoCr) (Table 3). Results also showed no difference in stem
alignment between the two groups.

Table 3. Thickness of cement in each CT slice. Numbers indicate mean thickness in each group.
Numbers within ( ) are standard deviation. The notation unit is nm.

SUS Group CoCr Group

Medial Lateral Anterior Posterior Medial Lateral Anterior Posterior

No.1 2.23 (0.334) 1.95 (0.250) 1.73 (0.179) 1.38 (0.083) 2.28 (0.130) 2.1 (0.187) 1.63 (0.148) 1.33 (0.083)
No.2 1.98 (0.192) 2.03 (0.148) 1.5 (0.071) 1.28 (0.083) 2.38 (0.083) 2.23 (0.109) 1.53 (0.109) 1.6 (0.071)
No.3 2.38 (0.130) 2.28 (0.130) 1.55 (0.112) 1.50 (0.122) 2.10 (0.158) 2.13 (0.311) 1.53 (0.148) 1.30 (0.071)

4. Discussion

Different alloy materials exhibiting different mechanical behaviors have been inves-
tigated by researchers. Takegami et al. [19] performed biomechanical tests on the CPT,
VerSys Advocate, and CMK stems, and noted that the median fracture torque for the CPT
stem was significantly lower than for the CMK stem. They suggested that variations in the
mechanical behavior of these prosthetic materials might contribute to differences in the
incidence of PPF.

To replicate a physiologic environment as closely as possible, our experiment em-
ployed 1 Hz sine curve loading to simulate a normal human walking pace, maintained
a wet environment for the composite bone, kept the model at a temperature of 37 ◦C,
and provided an 8 h period of stress relaxation per day. To ensure a reliable comparison
between CoCr and SUS materials, stems were confirmed to have identical design and
surface roughness, and were placed in cement of identical thickness. Therefore, our results
were considered highly reliable.

Under these reliable conditions, significant differences were observed between CoCr
and SUS stems. CoCr stems exhibited greater daily subsidence and rise, as well as greater
final subsidence, suggesting that the CoCr stems were more prone to slippage within the
cement compared to the SUS stems.

By investigating the movement of tantalum balls within the cement, we confirmed the
movement of the cement around the stem. As a result, CoCr stems were shown to be more
susceptible to slippage on the cement surface compared to SUS stems.

Previous reports have suggested that, with a polished surface of Ra = 0.06 μm and
bone cement of moderate viscosity, the frictional coefficient was significantly lower for
CoCr than for SUS [20], consistent with findings that CoCr had lower wettability than SUS
and provided relatively poor adhesion to bone cement [11,20]. This would explain the
greater mobility of CoCr stems in the cement.

Grammatopoulos et al. [21] investigated the double taper PTS fracture type and
reported that 16 of 21 clinical cases were of the Vancouver B2 type, involving spiral fractures,
stem subsidence, and cement rupture. Morishima et al. [22] fixed the Exeter stem with
cement in composite bone and applied internal rotation while loading the prosthesis,
resulting in type B2 spiral fractures in all cases. The Vancouver type is considered to be the
most common clinical PPF morphology associated with PTSs, and these findings indicate
that stem subsidence with rotational force is an important factor in the occurrence of PPF
when using a PTS [21–24].

Stem subsidence is thought to generate compressive force at the cement–bone inter-
face because of the strong correlation between stem subsidence and these compressive
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forces [14–16]. In this study, mean final subsidence was significantly greater for CoCr
stems than for SUS (0.491 mm and 0.261 mm, respectively). Compressive forces were
also significantly higher for CoCr than for SUS. Furthermore, even with equal levels of
subsidence, compressive forces were found to be more than three times higher for CoCr
stems than for SUS stems at the cement–bone interface. This was believed to be due to
the fact that CoCr stems were more prone to slip on the cement surface compared to SUS
stems, as evidenced by the results of the tantalum balls. Our findings suggest that CoCr
stems exert greater pressure on the femur compared to SUS stems. This conclusion aligns
with previous research indicating that significant stem subsidence may induce great hoop
stress [14].

Some reports also show that, when inserted into a thicker cement layer, a PTS stem of
CoCr will subside more, causing the cement surrounding the stem to be dragged in the
direction of subsidence, which is toward the shear force [15,16]. The significant subsidence
of the PTS in a thicker cement mantle may likewise generate high stress in the cement and
predispose to PPF [15,25]. However, there was no difference in the thickness of the cement
between the CoCr stem and SUS stem groups in this study. Therefore, our results, which
excluded factors other than material differences, suggest that the CoCr stem, which is prone
to large movements and sinking, may be more likely to cause PPF than the SUS stem.

Our study has some limitations. (1) Only a limited number of stems (three SUS and
three CoCr) were used in the experiment. (2) Loading was only applied from one direction,
and no real clinical rotation was added; other results might be obtained with the addition
of stem rotation. (3) The composite femur used in this experiment might differ from the
actual behavior of a human femur. (4) The use of different stem designs and stem cements
could yield different results. (5) In contrast to cadaveric femurs, composite bone has the
benefit of being highly standardized. However, composite femurs lack cancellous bone in
the diaphysis area, resulting in a thick mantle (more than 3 mm) in the distal region.

Strengths of our study include the use of composite bone, which in contrast to cadav-
eric femurs, has the benefit of being highly standardized even though only three pairs of
stems were used. Although the differences between stem brands cannot be excluded from
consideration, the differences in mechanical behavior between materials are practical and
quantifiable. Our findings would be expected to differ if applied to cadaver bones or to
individual living organisms. However, we consider the data in this study to be as reliable
as previous similar biomechanical experiments using composite bones [14–16].

5. Conclusions

Our findings clearly demonstrated that the Exeter-shaped CoCr stem showed greater
subsidence in the cement and higher bone–cement interface forces than the original Exeter
stem made of SUS. Our study suggested that the CoCr stem was more prone to slipping
on the cement surface than SUS and generated over three times the hoop stress of SUS
with the same amount of subsidence. These differences might appear to contribute to the
increased risk of PPF when using CoCr-PTS.

Author Contributions: Conceptualization, A.K. and M.C.; methodology, A.K., M.C. and E.T.; soft-
ware, A.K. and N.T.; validation, A.K., T.I. and N.K.; formal analysis, M.F. and D.S.; investigation, A.K.,
M.C., Y.T. and Y.O.; resources, N.K.; data curation, M.C. and E.T.; writing—original draft preparation,
A.K. and M.C.; writing—review and editing, A.K., T.I. and N.K.; visualization, N.K.; supervision,
N.K.; project administration, A.K. and N.K.; funding acquisition, A.K. and N.K. All authors have
read and agreed to the published version of the manuscript.

Funding: This study was performed using implants provided free of charge from Stryker Co. A.
Kaneuji and N. Kawahara declare the receipt of research grants from Zimmer Biomet Co. as chief
members of their university research department.

Data Availability Statement: The data presented in this study are available on request from the
corresponding author.

Conflicts of Interest: Kaneuji is a paid consultant for Johnson and Johnson Co.

358



J. Funct. Biomater. 2023, 14, 262

References

1. Collis, D.K.; Mohler, C.G. Comparison of clinical outcomes in total hip arthroplasty using rough and polished cemented stems
with essentially the same geometry. J. Bone Jt. Surg. Am. 2002, 84, 586–592. [CrossRef]

2. Della Valle, A.G.; Zoppi, A.; Peterson, M.G.E.; Salvati, E.A. A Rough Surface Finish Adversely Affects the Survivorship of a
Cemented Femoral Stem. Clin. Orthop. Relat. Res. 2005, 436, 158–163. [CrossRef]

3. Hamadouche, M.; Baqué, F.; Lefevre, N.; Kerboull, M. Minimum 10-year survival of Kerboull cemented stems according to
surface finish. Clin. Orthop. Relat. Res. 2008, 466, 332–339. [CrossRef]

4. Howie, D.; Middleton, R.G.; Costi, K. Loosening of matt and polished cemented femoral stems. J. Bone Jt. Surg. Br. 1998, 80,
573–576. [CrossRef]

5. Carli, A.V.; Negus, J.J.; Haddad, F.S. Periprosthetic femoral fractures and trying to avoid them what is the contribution of femoral
component design to the increased risk of periprosthetic femoral fracture? Bone Jt. J. 2017, 99-B (Suppl. A1), 50–59. [CrossRef]

6. Raut, S.; Parker, M.J. Medium to long term follow up of a consecutive series of 604 Exeter Trauma Stem Hemiarthroplasties (ETS)
for the treatment of displaced intracapsular femoral neck fractures. Injury 2016, 47, 721–724. [CrossRef]

7. Mellner, C.; Mohammed, J.; Larsson, M.; Esberg, S.; Szymanski, M.; Hellström, N.; Chang, C.; Berg, H.E.; Sköldenberg, O.;
Knutsson, B.; et al. Increased risk for postoperative periprosthetic fracture in hip fracture patients with the Exeter stem than the
anatomic SP2 Lubinus stem. Eur. J. Trauma Emerg. Surg. 2021, 47, 803–809. [CrossRef]

8. Scott, T.; Salvatore, A.; Woo, P.; Lee, Y.-Y.; Salvati, E.A.; Della Valle, A.G. Polished, Collarless, Tapered, Cemented Stems for
Primary Hip Arthroplasty May Exhibit High Rate of Periprosthetic Fracture at Short-Term Follow-Up. J. Arthroplast. 2018, 33,
1120–1125. [CrossRef]

9. Palan, J.; Smith, M.C.; Gregg, P.; Mellon, S.; Kulkarni, A.; Tucker, K.; Blom, A.W.; Murray, D.W.; Pandit, H. The influence of
cemented femoral stem choice on the incidence of revision for periprosthetic fracture after primary total hip arthroplasty: An
analysis of national joint registry data. Bone Jt. J. 2016, 98-B, 1347–1354. [CrossRef]

10. Lamb, J.; Jain, S.; King, S.; West, R.; Pandit, H. Risk Factors for Revision of Polished Taper-Slip Cemented Stems for Periprosthetic
Femoral Fracture After Primary Total Hip Replacement: A Registry-Based Cohort Study from the National Joint Registry for
England, Wales, Northern Ireland and the Isle of Man. J. Bone Jt. Surg. 2020, 102, 1600–1608. [CrossRef]

11. Tsuda, R. Differences in mechanical behavior between Cobalt-chrome alloy and Stainless-steel alloy in polished tapered femoral
stems fixed with bone cement. J. Kanazawa Med. Univ. 2016, 41, 1–9. (In Japanese)

12. Keeling, P.; Howell, J.R.; Kassam, A.-A.M.; Sathu, A.; Timperley, A.J.; Hubble, M.J.; Wilson, M.J.; Whitehouse, S.L. Long-Term
Survival of the Cemented Exeter Universal Stem in Patients 50 Years and Younger: An Update on 130 Hips. J. Arthroplast. 2020,
35, 1042–1047. [CrossRef] [PubMed]

13. Available online: https://nagumo-ss.com/works/ (accessed on 20 March 2023). (In Japanese).
14. Kaneuji, A.; Yamada, K.; Hirosaki, K.; Takano, M.; Matsumoto, T. Stem subsidence of polished and rough double-taper stems:

In vitro mechanical effects on the cement-bone interface. Acta Orthop. 2009, 80, 270–276. [CrossRef] [PubMed]
15. Takahashi, E.; Kaneuji, A.; Tsuda, R.; Numata, Y.; Ichiseki, T.; Fukui, K.; Kawahara, N. The influence of cement thickness on stem

subsidence and cement creep in a collarless polished tapered stem: When are thick cement mantles detrimental? Bone Jt. Res.
2017, 6, 351–357. [CrossRef]

16. Numata, Y.; Kaneuji, A.; Kerboull, L.; Takahashi, E.; Ichiseki, T.; Fukui, K.; Tsujioka, J.; Kawahara, N. Biomechanical behaviour of
a French femoral component with thin cement mantle: The “French paradox” may not be a paradox after all. Bone Jt. Res. 2018, 7,
485–493. [CrossRef]

17. Lee, A.J.C.; Ling, R.S.M.; Gheduzzi, S.; Simon, J.-P.; Renfro, R.J. Factors affecting the mechanical and viscoelastic properties of
acrylic bone cement. J. Mater. Sci. Mater. Med. 2002, 13, 723–733. [CrossRef]

18. Bergmann, G.; Graichen, F.; Rohlmann, A. Hip joint loading during walking and running, measured in two patients. J. Biomech.
1993, 26, 969–990. [CrossRef]

19. Takegami, Y.; Seki, T.; Osawa, Y.; Imagama, S. Comparison of periprosthetic femoral fracture torque and strain pattern of three
types of femoral components in experimental model. Bone Jt. Res. 2022, 11, 270–277. [CrossRef]

20. Hirata, M.; Oe, K.; Kaneuji, A.; Uozu, R.; Shintani, K.; Saito, T. Relationship between the surface roughness of material and bone
cement: An increased “polished” stem may result in the excessive taper-slip. Materials 2021, 14, 3702. [CrossRef]

21. Grammatopoulos, G.; Pandit, H.; Kambouroglou, G.; Deakin, M.; Gundle, R.; McLardy-Smith, P.; Taylor, A.; Murray, D. A unique
peri-prosthetic fracture pattern in well fixed femoral stems with polished, tapered, collarless design of total hip replacement.
Injury 2011, 42, 1271–1276. [CrossRef]

22. Morishima, T.; Ginsel, B.L.; Choy, G.G.; Wilson, L.J.; Whitehouse, S.L.; Crawford, R.W. Periprosthetic fracture torque for short
versus standard cemented hip stems: An experimental in vitro study. J. Arthroplast. 2014, 29, 1067–1071. [CrossRef] [PubMed]

23. Brodén, C.; Mukka, S.; Muren, O.; Eisler, T.; Boden, H.; Stark, A.; Sköldenberg, O. High risk of early periprosthetic fractures after
primary hip arthroplasty in elderly patients using a cemented, tapered, polished stem. Acta Orthop. 2015, 86, 169–174. [CrossRef]

359



J. Funct. Biomater. 2023, 14, 262

24. Baryeh, K.; Mendis, J.; Sochart, D.H. Temporal Subsidence Patterns of Cemented Polished Taper-Slip Stems: A Systematic Review.
EFORT Open Rev. 2021, 6, 331–342. [CrossRef]

25. Korsnes, L.; Gottvall, A.; Buttazzoni, C.; Mints, M. Undersizing the Exeter stem in hip hemiarthroplasty increases the risk of
periprosthetic fracture. HIP Int. 2019, 30, 469–473. [CrossRef] [PubMed]

Disclaimer/Publisher’s Note: The statements, opinions and data contained in all publications are solely those of the individual
author(s) and contributor(s) and not of MDPI and/or the editor(s). MDPI and/or the editor(s) disclaim responsibility for any injury to
people or property resulting from any ideas, methods, instructions or products referred to in the content.

360



MDPI AG
Grosspeteranlage 5

4052 Basel
Switzerland

Tel.: +41 61 683 77 34

Journal of Functional Biomaterials Editorial Office
E-mail: jfb@mdpi.com

www.mdpi.com/journal/jfb

Disclaimer/Publisher’s Note: The statements, opinions and data contained in all publications are

solely those of the individual author(s) and contributor(s) and not of MDPI and/or the editor(s).

MDPI and/or the editor(s) disclaim responsibility for any injury to people or property resulting from

any ideas, methods, instructions or products referred to in the content.





Academic Open 

Access Publishing

mdpi.com ISBN 978-3-7258-1670-5


