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Abstract 

In many instances of soft tissue applications, implants based on compliant 

polymers have proven to exhibit superior performance over those based on stiffer 

polymers. Combined with the capability of 3D-printing to create complex structures, 

many innovative implants based on compliant polymers can be envisioned. However, 

current literature on 3D-printed compliant polymers is limited. The motivation behind 

this work is to contribute to the development of 3D-printed biomedical implants that are 

based on compliant, elastomeric polymer for soft tissue applications. The two aims that 

comprise this work look to shed light on two particularly sparse areas of study, the fatigue 

of elastomeric 3D-printed architected structures and the structure-property relationship 

of 3D-printed bioresorbable elastomeric polymer. The two aims are: 1) to investigate the 

behavior and durability of 3D-printed polycarbonate urethane (PCU) porous membrane 

under cyclic loading, and 2) to study the structure-property relationships of 3D-printed 

poly(L-lactide-co-ε-caprolactone). 

In the first aim, the mechanical properties of bulk PCU of various grades were first 

characterized, followed by a comprehensive dimensional and mechanical characterization 

of 3D-printed PCU membranes of two different pore shapes, square and bowtie. In 

addition to the PCU membranes, a PCU-PETG laminate membrane were also studied. The 

strong dependence of bulk 3D-printed PCU’s mechanical properties on its testing 
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environment were first shown via monotonic tensile testing. Tests of samples printed with 

various raster angles showed differences in the defect tolerance of each PCU grade. Cyclic 

loading of printed PCU membrane shows a strong dependence of fatigue performance on 

membrane shape and loading orientation. In certain configurations, PCU membrane 

exhibited comparable performance to commercial polypropylene mesh. However, the 

PCU membranes also showed an undesirable ratcheting under cyclic loading. A PCU-

PETG laminate membrane was then shown as one approach to minimize ratcheting. In 

the second aim, the impact of 3D-printing and annealing processes toward PLCL 

morphology is first evaluated. Then, the hydrolytic degradation profile of both annealed 

and unannealed 3D-printed PLCL scaffolds is studied. The results show that printed 

samples were initially fully amorphous. Subsequent aging and annealing process induced 

significant change in morphology via crystallization and in turn affected its physical 

properties. However, degradation behavior was largely unaffected by the annealing 

induced crystallization. 

In summary, we first demonstrated the potential of PCU membranes for use in 

prolapse mesh application by evaluating their mechanical properties, particularly their 

fatigue behavior. Then, we demonstrated the structure-property relationship of 3D-

printed PLCL scaffolds, with a focus on the impact of the fabrication process on 

degradation behavior. The results shown here should contribute well to further 

development of elastomeric 3D-printed implant devices.  



 

 

vi 

Dedication 

For my mother, Nany and my partner, Reyna 

 



 

 

vii 

Contents 

Abstract ....................................................................................................................................... iv 

Dedication ................................................................................................................................... vi 

List of Tables ................................................................................................................................ x 

List of Figures ............................................................................................................................. xi 

1. Introduction......................................................................................................................... 1 

1.1 Background, motivation, and significance ............................................................. 1 

1.1.1 3D-printing of elastomers for medical implant applications ........................... 1 

1.1.2 3D-printing of polycarbonate-urethane for use in pelvic organ prolapse ...... 5 

1.1.3 3D-printing of poly(L-lactide-co-ε-caprolactone) for medical implant 

applications ....................................................................................................................... 10 

1.2 Specific aims ............................................................................................................. 14 

1.2.1 Specific aim 1: Investigate the behavior and durability of 3D-printed 

polycarbonate urethane porous membrane under cyclic loading .............................. 15 

1.2.2 Specific aim 2: Study the structure-property relationships of 3D-printed 

poly(L-lactide-co-ε-caprolactone) ................................................................................... 16 

2. Literature Review ............................................................................................................. 17 

2.1 Fatigue of 3D-printed elastomers........................................................................... 17 

2.1.1 Fatigue of elastomers .......................................................................................... 17 

2.1.2 Fatigue of 3D-printed polymers......................................................................... 21 

2.2 3D-printed biodegradable polymers ..................................................................... 24 

3. Deformation and Durability of 3D-Printed Polycarbonate Urethane (PCU) Porous 

Membranes for Potential Use in Pelvic Organ Prolapse ...................................................... 29 



 

 

viii 

3.1 Introduction .............................................................................................................. 29 

3.2 Materials and methods ............................................................................................ 30 

3.3 Results and discussion ............................................................................................ 38 

3.3.1 Monotonic tensile testing of various PCU grades ........................................... 38 

3.3.2 Micro-CT scan of membrane samples ............................................................... 43 

3.3.3 Monotonic tensile testing of membranes .......................................................... 47 

3.3.4 Pore-geometry change of membranes under tension. .................................... 55 

3.3.5 Fatigue of membranes under cyclic loading .................................................... 58 

3.3.6 Creep versus cyclic testing of membranes ........................................................ 66 

3.3.7 Fatigue of membranes under intermittent loading ......................................... 68 

3.3.8 Ratcheting of a laminated PCU-PETG membrane under loading ................. 70 

3.4 Conclusion ................................................................................................................ 77 

4. Structure-property relationships in 3D-printed poly(L-lactide-co-ε-caprolactone) 

degradable polymer .................................................................................................................. 81 

4.1 Introduction .............................................................................................................. 81 

4.2 Materials and methods ............................................................................................ 83 

4.3 Results and discussion ............................................................................................ 89 

4.3.1 Polymer characterization .................................................................................... 89 

4.3.2 PLCL crystallization via annealing.................................................................... 92 

4.3.3 Degradation of 3D-printed PLCL scaffolds .................................................... 101 

Mass and molecular weight loss .............................................................................. 102 

Thermal properties ..................................................................................................... 105 



 

 

ix 

Molar composition ..................................................................................................... 108 

Mechanical properties ............................................................................................... 109 

Scanning electron micrograph .................................................................................. 111 

4.4 Conclusion .............................................................................................................. 114 

5. Conclusions and future work........................................................................................ 117 

References ................................................................................................................................ 124 

Biography ................................................................................................................................. 143 



 

 

x 

List of Tables 

Table 1 Properties of commonly FFF-printed biodegradable elastomer. PLA and PCL 

added as comparison, representing stiff polymers. .............................................................. 25 

Table 2 PCU dogbone and membrane printing parameter .................................................. 32 

Table 3 Dimensional measurements of printed membranes via micro-CT (mean ± SD). 46 

Table 4 Cycle to failure of intermittent and regular cyclically loaded 95A-Square-0o ...... 70 

Table 5 Cycles-to-failure count comparison for PCU and laminate membrane, minimum 

of N=3 for each group, N=2 for runouts. ................................................................................ 76 

Table 6 Printing parameter for PLCL scaffolds ..................................................................... 84 

Table 7 Molar composition, randomness, and Mw of synthesized PLCL ........................... 91 

Table 8 Effect of processing on molecular weight of PLCL ................................................. 92 

Table 9 Summary of important features of PLCL6040 thermograms ................................. 97 

Table 10 Summary of important features of PLCL7030 thermograms ............................... 98 

Table 11 Mass loss percentage (mean ± SD) ......................................................................... 104 

Table 12 Molecular weight (Mw and Mn) over 28 weeks of degradation (mean ± error) 104 

 

 



 

 

xi 

List of Figures 

Figure 1A a) PCL airway stent fabricated via powder bed fusion (PBF)1 b) Custom implant 

for acetabular reconstruction fabricated via PBF3 ................................................................... 3 

Figure 1B c) PLA biodegradable cardiovascular stent fabricated via extrusion based 

printing5........................................................................................................................................ 3 

Figure 2A a) Transvaginal implantation of a polypropylene mesh, a common surgical 

mesh implantation site ............................................................................................................... 6 

Figure 2B b) A typical commercial polypropylene mesh and an accompanying electron 

microscopy view ......................................................................................................................... 6 

Figure 3 Example of an aromatic PCU structure composed of carbonate soft segment, 

methylene diphenyl diisocyanate (MDI) hard segment, and diol chain extender .............. 9 

Figure 4 Examples of commercial resorbable devices a) fixation plates for maxillofacial 

surgery76 b) wafer implants for drug delivery to the brain75 c) woven PLA scaffold77 ..... 11 

Figure 5 Example commercial 3D-printed resorbable devices a) Osteoplug® trephination 

hole cover90  b) TRUMATCH® Graft Cage91 .......................................................................... 13 

Figure 6A Image processing procedure for pore-shape tracking. a) Pores are threshold into 

a binary image and the pores are tracked. ............................................................................. 35 

Figure 6B Pore centroids (center of mass) are marked by a blue asterisk in the middle of 

the pore. b) The pores are transformed .................................................................................. 35 

Figure 6C into an ellipse with an equivalent second central moment and minor axis and 

major axis of the ellipse is tracked as a proxy for pore shape. ............................................ 35 

Figure 7 A) Fatigue test setup with a PCU bowtie membrane under 90o loading B) Load 

profile subjected to 3D printed membranes and Restorelle ................................................. 37 

Figure 8A Monotonic tensile test result of PCU dogbones in air and a 37oC water bath 

(WB) with various print raster angles .................................................................................... 41 

Figure 8B a-c) Stress-strain curve showing early behavior of PCU dogbones under tensile 

loading b) Stress-nominal strain curve showing curve up to failure .................................. 41 



 

 

xii 

Figure 9 Summary of PCU dogbone tensile testing, (*) indicates statistical significance 

with p < 0.0001 a) Failure stress b) Failure nominal strain c) Modulus .............................. 42 

Figure 10A a) CAD rendering of to-be-printed membranes b) parameters of re-entrant 

auxetic structure. ....................................................................................................................... 45 

Figure 10B c) Micro-CT rendering of printed membranes. Red circles indicate location of 

printing artifacts in the form of lumps formed at the membrane junctions. ..................... 45 

Figure 11A Membrane print pathing. a) Print pathing for square membranes. All 

horizontal struts were placed first before the vertical struts, .............................................. 46 

Figure 11B which were laid on top of the horizontal struts. b) Print pathing for bowtie 

membranes, showing pores were printed one-by-one progressively. ............................... 46 

Figure 12 Loading orientations for PCU membranes and a commercial polypropylene 

mesh (Restorelle). Membranes and mesh colored black for clarity .................................... 48 

Figure 13A Tensile monotonic load-relative elongation (RE) curve of 3D-printed 95A PCU 

membranes in 90o, 0o, and 45o orientation. ............................................................................. 49 

Figure 13B Curve for a commercial PP mesh is added as a comparison a) Square 0.3 mm 

membrane b) Square 0.5 mm membrane ............................................................................... 49 

Figure 13C c) Square 0.7 mm membrane d) Bowtie 0.3 mm membrane e) Bowtie 0.5 mm 

membrane f) Bowtie 0.7 mm membrane ................................................................................ 49 

Figure 14 Early stage of load/width-RE curve for Restorelle and 95A PCU membrane with 

0.5 mm strut width a) Bowtie b) Square ................................................................................. 49 

Figure 15A Box plot summary of membrane mechanical properties for 95A PCU 

membranes with varying strut sizes (0.3, 0.5, 0.7 mm)......................................................... 50 

Figure 15B tested in 3 different orientations (0°,90°,45°) a) Failure relative elongation (RE) 

b) Failure load c) Load at 20% RE d) Load at 100% RE ........................................................ 50 

Figure 16A Edge effect of membrane during mechanical testing. Due to the small width 

of the test membranes, .............................................................................................................. 52 

Figure 16B 0.7 mm membrane has more load bearing strut area (i.e., strut aligned with 

loading direction), resulting in a higher apparent stiffness and failure load. ................... 52 



 

 

xiii 

Figure 17 Tensile load/width-RE curve for a) Square 75A membrane b) Bowtie 75A 

membrane c) Square 95A membrane d) Bowtie 95A membrane ........................................ 55 

Figure 18A Change in pore shape over course of monotonic tensile testing a) Bowtie 

membrane under 90°, 0°, and 45° loading from left to right.................................................. 57 

Figure 18B b) Square membrane under 0° and 45° loading from left to right. ................... 57 

Figure 19 Geometrical changes of membrane pore size over course of tensile test a) Square 

membranes b) Bowtie membranes .......................................................................................... 58 

Figure 20A S-N plot of Restorelle. Arrows indicate runout at 100,000 cycles. a) Maximum 

cycle load/width plotted against number of cycles at failure .............................................. 62 

Figure 20B b) Normalized load plotted against number of cycles at failure. .................... 62 

Figure 21A a) S-N plot of 95A square membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure. ...................... 63 

Figure 21B b) Normalized load plotted against number of cycles at failure. .................... 63 

Figure 22A S-N plot of 95A bowtie membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure. ...................... 63 

Figure 22B b) Normalized load plotted against number of cycles at failure. .................... 63 

Figure 23A S-N plot of 75A square membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure ....................... 64 

Figure 23B b) Normalized load plotted against number of cycles at failure. .................... 64 

Figure 24A S-N plot of 75A bowtie membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure ....................... 64 

Figure 24B b) Normalized load plotted against number of cycles at failure. .................... 64 

Figure 25 Evolution of RE during cyclic loading A) 95A-Square-0o B) Restorelle-0o ........ 66 

Figure 26A RE increase of 95A-Square-0o under static and cyclic load a) Samples loaded at 

20 N/cm static and peak cyclic load ........................................................................................ 68 

Figure 26B b) Samples loaded at 13.3 N/cm static and peak cyclic load. ........................... 68 



 

 

xiv 

Figure 27A a) Diagram of the printed PCU-PETG laminate membrane. The laminate mesh 

is composed of 3 alternating stacked layers of PCU-PETG-PCU ........................................ 71 

Figure 27B b) PCU-PETG laminate membrane ..................................................................... 71 

Figure 28 Tensile load vs. RE curves for a) PETG membrane, b) PETG membrane single-

layer, c) PCU membrane, and d) laminated membrane ....................................................... 71 

Figure 29 Scanning electron micrograph showing a) PCU 1-layer b) PETG 1-layer c) 

Laminated membrane d) Failure surface of laminate membranes ..................................... 74 

Figure 30 Ratcheting of laminated membrane over time under cyclic loading. All samples 

were loaded in a 0° loading direction ..................................................................................... 76 

Figure 31 NMR spectra of as-synthesized a) PLCL6040 and b)PLCL7030 ......................... 91 

Figure 32 DSC thermogram of annealed and room-temperature aged 3D-printed PLCL 

samples. Exothermic reaction in the up direction. a) PLCL6040 b) PLCL7030. ................. 96 

Figure 33 Change in melting enthalpy over the aging period in ambient temperature and 

50°C for a) PLCL6040 and b) PLCL7030 ................................................................................. 97 

Figure 34 X-ray diffraction spectra of initially amorphous (room temperature at 6 hours) 

and annealed (50°C for 1 week) 3D-printed PLCL samples. ............................................... 98 

Figure 35A Stress-strain curves of annealed 3D-printed PLCL sample. a) PLCL7030 

annealed at 50°C. ..................................................................................................................... 100 

Figure 35B b) PLCL7030 aged at room temperature c) PLCL6040 annealed at 50°C. b) 

PLCL6040 aged at room temperature. .................................................................................. 100 

Figure 36 Summary of 3D-printed PLCL sample mechanical property change. a) 6040 

PLCL b) 7030 PLCL. ................................................................................................................ 101 

Figure 37 Mass loss and weight-averaged molecular weight loss of annealed and 

amorphous PLCL during degradation in terms of percentage ......................................... 105 

Figure 38 Change in thermogram post-degradation a) PLCL6040 and b) PLCL7030. ... 107 

Figure 39 Change in melting enthalpy post-degradation a) PLCL6040 and b) PLCL7030

 ................................................................................................................................................... 107 



 

 

xv 

Figure 40 Molar composition of PLCL scaffolds post-degradation. ................................. 108 

Figure 41A a) Z-axis compression sample b) X-axis compression sample c) Monotonic 

compression test stress-strain curve for annealed Z-axis compression samples............. 110 

Figure 41B d) Monotonic compression test stress-strain curve for annealed X-axis 

compression samples. ............................................................................................................. 110 

Figure 42 Compressive modulus of annealed (C) and non-annealed (NC) samples a) X-

axis compression samples b) Z-axis compression samples ................................................ 111 

Figure 43 Scanning electron micrograph of pristine sample and 16-week degraded sample 

a) PLCL6040 b) PLCL7030 ...................................................................................................... 113 

Figure 44 Pristine samples showing a shift to a whiter and more opaque color as it 

degrades a) PLCL7030 b) PLCL6040. .................................................................................... 114 

 

  



 

1 

1. Introduction 

1.1 Background, motivation, and significance 

1.1.1 3D-printing of elastomers for medical implant applications 

In recent years the growing number of 3D-printed devices seen in both research 

and clinical settings has proven 3D-printing to be a viable and desirable method for the 

fabrication of various medical implants. There is a wide variety of 3D-printed medical 

implants currently available in both commercial and research environments; some 

examples include a pediatric airway stent1, various orthopedic implants (e.g., knee joints, 

spine)2,3, and cardiovascular implants (e.g., aortic valves, stents)4–7.  

According to ISO/ASTM 52900:2015, 3D-printing is defined as the “fabrication of 

objects through the deposition of a material using a print head, nozzle, or another printer 

technology”, whereas additive manufacturing (AM) is the “process of joining materials to 

make parts from 3D model data, usually layer upon layer”. The term 3D-printing is thus 

simply a subset of additive manufacturing approach. Currently, there is a wide range of 

additive manufacturing approach available, ranging from the commonly known material-

extrusion to the more esoteric, such as multiphoton lithography. Fused filament 

fabrication (FFF) is one of the most widely used 3D-printing approach owing to its 

simplicity, low-cost, and vast material possibilities. In FFF, a thermoplastic polymer such 

as PCU is melted and extruded through a small nozzle. The nozzle is mounted on an x-y 
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gantry which traces the cross-section of the desired object, thus building the object in a 

layer-by-layer fashion. 

3D-printing of medical implants has several important advantages over 

conventional fabrication methods, such as: capability for personalized solutions, rapid 

design iteration, and fabrication of complex shapes that are otherwise impractical or 

unachievable with traditional manufacturing methods8,9. The latter aspect is particularly 

important since there is often a need for highly porous and intricate structures in order to 

optimize the performance of medical implants10–12. Importantly, 3D-printing has also 

proven to be economically viable from a manufacturing standpoint. However, even with 

the proposed advantages of 3D-printing, relatively few 3D-printed polymer implants 

have reached commercialization. A number of reasons contribute to this issue, with a 

major one being the often unknown mechanical properties of such printed devices. 3D-

printed medical implants are frequently designed to possess a highly complex shape in 

order to optimize its performance, for example by allowing improved cellular ingrowth12 

or improvements in mechanical behavior13. The geometrical complexity of such printed 

devices can potentially create a complex mechanical behavior, particularly under long-

term loading. In addition, the 3D-printing process itself typically affects the 

microstructure of the printed materials, such as seen in many printed metals14,15 and 

polymers16–18, adding a layer of complexity to the resulting properties of printed devices. 

Due to the nature of the printing process, most 3D-printing approach also tend to 
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introduce unique defects19,20 that can affect the mechanical response of an implant. For 

example, in material extrusion 3D-printing (wherein material is selectively deposited via 

extrusion to form layers), the interface between layers forms a sharp geometrical 

discontinuity which can act as stress concentration points in the printed object. Moreover, 

these layers typically do not adhere strongly to one another compared to the bulk21.  

 

 

Figure 1 a) PCL airway stent fabricated via powder bed fusion (PBF)1 b) Custom implant 

for acetabular reconstruction fabricated via PBF3 c) PLA biodegradable cardiovascular 

stent fabricated via extrusion based printing5 

 

Mechanical properties of the material used in the 3D-printing process are crucial 

to the resulting implant performance. Mechanical properties of the interface of a 

biomaterial with surrounding tissues significantly affect the performance of many types 

of implants, including those intended for both soft and hard tissues22,23. For example, 

excessively high implant stiffness compared to surrounding tissue elicit high interfacial 

shear stress, which has been correlated with negative host response such as implant site 

irritation and macrophage activation. In one study, macrophages and fibroblasts (both 
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crucial in mediating foreign body reaction), were observed to activate when cultured on 

materials with a stiffness above healthy tissues23. Increased mechanical strain has also 

been shown to upregulate inflammatory signals and to induce changes in molecular and 

cellular events24,25. A prominent example of the adverse effect of mechanical mismatch is 

in high stiffness neuroprosthesis electrodes. Micromotion between mechanically 

mismatched electrodes (e.g., silicone based electrodes) were shown in models to induce 

strain in the surrounding tissue, causing scar build-up and as a result poorer signal 

capture performance over time26,27. Conversely, many studies have shown that compliant 

electrodes minimize scar build ups, hence their superior performance28,29. Vascular grafts 

also show a similar need for mechanical matching. Vascular grafts with differing stiffness 

result in a much lower patency for stiffer grafts when implanted in a canine model30. 

Although the mechanism causing low patency in stiffer grafts is still relatively poorly 

understood, studies indicate that flow disruption drives vessel wall remodeling which 

leads to graft occlusion over time31. 

The previously discussed examples showing adverse effects of mechanical 

mismatch emphasize the importance of mechanical matching in soft tissue implants and 

motivates the current work. To minimize mechanical mismatch, elastomers can be used 

in soft tissue implants. Elastomers are polymers that display rubber-like behavior, 

showing high strain recovery, low elastic modulus, and high failure strain, properties that 

are suitable for use in matching soft tissues. Currently, to the best of the author’s 
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knowledge, all commercial FFF-printed implants are made of either stiff polymers (e.g., 

PEEK, PCL) or metals32,33, there is also comparatively much fewer studies on FFF-printed 

elastomers. In this work, two elastomeric FFF-printable polymers, polycarbonate-

urethane (PCU) and poly(L-lactide-co-ε-caprolactone) (PLCL), were 3D-printed and 

studied. 

 

1.1.2 3D-printing of polycarbonate-urethane for use in pelvic 
organ prolapse 

Pelvic organ prolapse (POP) is a disease in which loss of support to the vagina 

causes the pelvic organs supported by it to descend from their natural position into the 

vagina and often through the vaginal introitus. POP results in a feeling of a bulge and 

organ dysfunction resulting in incontinence and sexual dysfunction34. POP is a common 

and costly condition in women with a study estimating 11.1% risk of surgery by age 8035,36. 

Surgical repair of POP can be performed with native tissues, however, high failure rates 

of these procedures37 (up to 70% in 5 years) has prompted surgeons and their patients to 

turn to biomaterials, most often in the form of a polypropylene mesh. A common 

implantation mode and a typical polypropylene mesh is shown in Figure 2. The mesh is 

used to bear the physiologic mechanical load and to return the vagina and the pelvic 

organs to their normal anatomical position. However, use of synthetic mesh has been 

found to have a high rate of complication, up to 15% in particular procedures38. Two of 

the most common complications are mesh exposure through the vagina and pain. 
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Figure 2 a) A polypropylene mesh implanted transvaginally, a common surgical mesh 

implantation site b) A typical commercial polypropylene mesh for prolapse repair use 

and an accompanying electron microscopy view 

 

It is widely accepted that mesh performance is significantly affected by critical 

mesh properties such as mechanical behavior39,40, mesh weight41, pore size42, and fiber 

dimension43 . Importantly, mechanical behavior, mesh weight, and porosity has been 

shown to be strongly correlated properties44. Higher mesh weight tends to elicit a more 

pronounced inflammatory response while a lighter mesh with thinner fibers and larger 

pore size tend to have better tissue incorporation40. Pore size and porosity are generally 

thought to have the highest impact in terms of host response43. As pore size increases, 

bridging fibrosis decreases due to the increased distance between fibers43. This reduces 

the chance of a continuous fibrotic network building between the fibers, a complication 

that is associated with pain. A minimum of 1 mm pore diameter is often accepted as a 

critical size for tissue ingrowth45. Since an implanted mesh will be placed under load, there 

is also a need for a stable pore geometry under tensile or multi-axial loading. Studies have 
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shown that the application of tension within expected physiological range often results in 

70-90% of the pores collapsing to <1 mm44,45 especially when loaded in uniaxial tension. 

Use of geometries such as re-entrant auxetic structure has been suggested as a potential 

solution as materials with auxetic pores demonstrate an increase in pore size under 

loading46. In terms of filament type, monofilament fibers were found to elicit a better host 

response compared to multifilament fibers47,48. 

Currently, the most commonly used synthetic mesh are knitted polypropylene 

(PP) meshes. Although high mesh stiffness was believed to correlate with a negative host 

response, there are few studies on the effects of the mesh material’s mechanical properties 

itself. PP has an elastic modulus (E) of about 3 GPa, three orders of magnitude higher than 

anatomical vaginal tissue (stiffness = 2.5 – 34 MPa)49–52. Although there is a large variation 

in the literature on measurements of the mechanical properties of vaginal tissue49, the 

stiffness discrepancy between tissue and PP mesh is strong across all measurements in the 

literature. Significant evidence has indicated that the mechanical properties of a material 

strongly impact implant performance. Highly rigid-implants cause high shear stress at its 

interface with the body, micromotion53,54, and stress-shielding55, all correlated with mesh 

complications. Therefore, there is substantial room for improvement by utilizing a softer 

material that matches the mechanical properties of the host tissue. Past attempts in the 

literature at fabricating a mesh with varied synthetic materials include use of knitted poly-

ether-ether-ketone and polyamide56, electrospun polyurethane (PU)57 and polylactic acid 
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(PLA)58 . To our knowledge, there has been very few published effort toward a permanent 

biocompatible, elastomeric, monofilament device for surgeries to repair pelvic organ 

prolapse59.  

In this work, we propose a 3D-printed polycarbonate-urethane (PCU) 

monofilament membrane as a potential solution to overcome the limitations of 

polypropylene mesh. PCU is a subset of thermoplastic polyurethanes (TPU) and has 

recently found many uses as a soft-tissue replacement device because of its 

biocompatibility, biostability, and stiffness that more closely resembles many soft 

tissues60–63. PCU can vary widely in terms of formulation and structure; Figure 3 shows 

the chemical structure of an example PCU variety. Like other TPUs, PCU is composed of 

hard and soft segments that consist of diisocyanate and macrodiols, respectively. In the 

case of PCU, the macrodiol being polycarbonate. Driven by thermodynamic favorability, 

the hard segments aggregate into domains which act as a physical crosslink, lending TPUs 

its thermoplasticity and highly elastomeric behavior64. In addition, the mechanical 

properties of PCU can be tuned by changing the ratio of hard and soft domains, enabling 

a wider solution space in designing devices63. As is common with thermoplastics, the 

mechanical properties of PCU will depend strongly on the temperature and environment 

at which it is tested65. The elastic modulus of PCU is much closer to the vaginal tissue 

compared to polypropylene (in room temperature, EPCU: 3-50 MPa66,67; Epolypropylene: 1-2 

GPa68,69). This lower modulus could potentially improve the performance of a prolapse 
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repair implant by reducing tissue-implant mechanical mismatch. Some PCU formulations 

has also been shown to possess high stability against modes of degradation that are often 

seen in vivo, namely hydrolysis, environmental stress cracking (ESC), and metal ion 

oxidation (MIO)70,71, allowing it to maintain implant performance. 

 

 

Figure 3 Example of an aromatic PCU structure composed of carbonate soft segment, 

methylene diphenyl diisocyanate (MDI) hard segment, and diol chain extender 

 

Considering the repetitive physiological loads supported by an implanted device 

for POP repair, there is a strong need to evaluate the capability of an implant to endure 

cyclic stress and avoid premature failure due to fatigue. Here, fatigue failure refers to the 

failure of a structure due to cyclic mechanical loading. Fatigue failure often occur under 

cyclic load that is lower than failure load under static mechanical loading, leading to 

unexpected failures. To minimize cost and improve the safety of load bearing medical 

implants, it is thus important to understand the fatigue behavior of an implant’s structure 

and material. Fatigue tests are typically conducted by subjecting a structure to repeated 

loading and unloading conditions, the loading condition of which can vary widely 

depending on the requirement of a device. Loading condition can range from simple 
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tension and simple torsion to any combination of load conditions. A fatigue study is 

particularly pertinent for this work since the printed membrane can be considered as a 

structure that contains pores and notches which can potentially act as stress concentration 

points, significantly accelerating fatigue failure.  

 

1.1.3 3D-printing of poly(L-lactide-co-ε-caprolactone) for medical 
implant applications 

Applications of synthetic degradable polymers in biomedical implants have 

grown significantly in the last few decades72. A major advantage of synthetic degradable 

implants over traditional permanent implants is to obviate need for follow-up revision 

surgeries and improve long-term biocompatibility, thus saving cost and improving 

patient quality of life. A typical objective in the use of degradable implants is for eventual 

replacement by natural host tissue over time, which requires knowledge of the 

degradation profile of material in order to rationally design the implant.  

Whereas ‘biodegradable’ is a general term signifying the capability for 

degradation due to exposure to the in vivo environment, ‘resorbable’ is a more specific 

term; resorbable polymers are a subset of degradable polymers wherein the degradation 

products can be totally eliminated or bioassimilated through natural pathway73. 

Commercially, some of the most common use of resorbable polymers is in orthopedics, 

such as in fracture fixation implants74; other prominent uses include resorbable 

cardiovascular stents5 and as drug delivery mediums75. 
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Figure 4 Examples of commercial resorbable devices a) fixation plates for maxillofacial 

surgery76 b) wafer implants for drug delivery to the brain75 c) woven PLA scaffold77 

 

Widely used resorbable polymers such as polycaprolactone (PCL) and polylactide 

(PLA) have an elastic modulus in the range of gigapascals (GPa)78, orders of magnitude 

higher than a typical soft tissue, which has an elastic modulus in the range of tens of 

kilopascals (kPa) to low megapascals (MPa)79. As discussed in prior sections, soft tissue 

implant requires elastomeric materials for better mechanical matching and improved 

performance. One such elastomeric material is poly(L-lactide-co-ε-caprolactone) (PLCL), 

a resorbable copolymer composed of the monomers of two homopolymers, PLA and PCL. 

Similar to PLA and PCL, in vivo degradation of PLCL is mainly driven by hydrolysis. 

PLCL with certain copolymer ratios has been shown to be elastomeric and much less stiff 

compared to both of its homopolymer counterparts. This tunability allows for a large 

variety of implant applications. There are many variations of PLCL, one example of a 

commonly used variety in the literature is poly(D,L-lactide-co-ε-caprolactone)80,81, this 
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variations are often used to achieve a specific rate of degradation and mechanical 

properties. 

Both PLA and PCL have a long history of human implantation. Both has 

historically been used in a wide variety of applications. There is strong evidence 

supporting the safety of the degradation products of both PLA and PCL. In addition, both 

PLA and PCL have the advantage of being resorbable, which allows their hydrolysis 

degradation product to be metabolized and eliminated through natural pathways. As an 

example, PLA’s degradation product is lactic acid, which is incorporated into the Krebs 

cycle and ultimately expired as CO2 through the lung82. Not all biodegradable elastomers 

are resorbable or as safe, for example, PU varieties may contain isocyanates (e.g., 

diphenylmethane diisocyanate/MDI) that release toxic and carcinogenic degradation 

products83. In addition, there are numerous studies indicating biocompatibility of PLCL, 

allowing for faster commercial translation for future medical implants intending to use 

this material84–86. Currently, PLCL has found some use in FDA cleared commercial 

implants such as in a soft tissue marker (Echomark, Sonavex) and a nerve guide 

(Neurolac, Polyganics). In the literature, PLCL has found use in a large range of studies, 

ranging from evaluating its use as a small diameter vascular graft87 to scaffolds for urinary 

bladder regeneration88.  

3D-printing for fabrication of resorbable implants is a very active research area. 

However, 3D-printed resorbable implants is relatively rare commercially, partly due to 
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limited insight on how the 3D-printing process affects the printed material. Depending on 

the nature and parameters of the 3D-printing method used, the resulting polymer can 

possess vastly different morphologies. For 3D-printing methods utilizing molten 

polymers, the thermal history and physical forces experienced by the polymer during the 

printing process is particularly important in influencing the print outcome. For example, 

a study by Windheim et al. shows the effect of printing parameters and a heat treatment 

process on the morphology of printed PLA, specifically their impact on crystallization21. 

Other studies have even indicated that simply changing the placement of objects on the 

print area could affect the resulting polymer morphology due to differences in cooling 

rates89. 

 

 

Figure 5 Example commercial 3D-printed resorbable devices a) Osteoplug® trephination 

hole cover90 b) TRUMATCH® Graft Cage91 

 

An important aspect of a biomaterial (i.e., a material suitable for introduction to 

living tissues) is its biocompatibility, generally defined as its ability to function with an 
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appropriate host response in a specific application92. To this end, the properties of a 

biomaterial need to be appropriate for the intended application (e.g., in terms of 

mechanical behavior, geometry, hydrophilicity, surface chemistry). In addition to general 

biocompatibility, a resorbable material needs to possess a suitable degradation rate, 

ideally degrading along with the regeneration of surrounding tissues and being fully 

eliminated when regeneration is completed. The degradation profile of a resorbable 

polymer is strongly affected by its morphology. For example, a study by Simmons et al. 

shows significantly faster degradation for annealed highly crystalline PLA samples 

compared to a more amorphous control93; a number of past studies show a similar 

observation with other polymer samples94,95. This shows the importance of the 3D-printing 

approach used, as it ultimately determines the resulting polymer morphology. Thus, by 

studying the processing-structure-property relationship of these 3D-printed polymers, 

the performance of a resorbable implant can be optimized. 

 

1.2 Specific aims 

The overarching goal of this work is to provide insight on the properties of 

elastomeric polymers 3D-printed via fused deposition modelling (FFF). In this work, the 

term 3D-printing will henceforth refer only to the FFF variety, wherein a molten polymer 

is selectively dispensed through a nozzle or orifice to form objects in a layer by layer 

fashion. Two types of polymers were studied: 1) polycarbonate-urethane (PCU), a non-
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biodegradable elastomer, and 2) poly-l-lactide-co-ε-caprolactone (PLCL), a resorbable 

elastomer. The specific aims of this work were as follows. 

 

1.2.1 Specific aim 1: Investigate the behavior and durability of 3D-
printed polycarbonate urethane porous membrane under 
cyclic loading 

One of the key advantages in 3D-printing is its capability to create complex 

structures that is difficult or unfeasible to create with conventional manufacturing 

techniques. The architecture created by 3D-printing often results in complex mechanical 

behavior, especially in the context of elastomeric polymers. Fatigue behavior in particular 

is difficult to predict in this circumstance and will require experimental data to give 

insight into the behavior of different architectures. In this aim, porous, monofilament 

membranes composed of relatively soft polycarbonate-urethane (PCU) are 3D-printed. 

PCU was chosen for its good mechanical behavior and tunable properties due to it being 

comprised of both hard and soft segments. The bulk mechanical properties of PCU were 

first characterized by testing dogbone samples, demonstrating the dependence of PCU 

mechanical properties on its measurement environment and the effect of print pathing. 

The pore dimensions and load-relative elongation response of the 3D-printed PCU 

membranes under monotonic tensile loading were then characterized. A fatigue study 

was performed on the 3D-printed membrane to evaluate its durability under cyclic 

loading. Finally, a composite membrane composed of PCU and PETG which minimizes 
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ratcheting under cyclic loading are fabricated and tested in both tensile monotonic and 

tensile cyclic. 

 

1.2.2 Specific aim 2: Study the structure-property relationships of 
3D-printed poly(L-lactide-co-ε-caprolactone)  

Because of its effect on the thermal history of a material, the 3D-printing process 

inevitably affects the morphology of printed polymers. Past studies have shown the 

significant impact of changing PLCL morphology on its mechanical behavior. Here, we 

hypothesize that morphological changes resulting from 3D-printing and a post-

processing annealing will materially impact the degradation behavior. In this study, we 

explore 1) the impact of 3D-printing towards the resulting PLCL morphology for two 

different comonomer ratios (70:30 and 60:40, LA:CL), 2) the effect of annealing 3D-printed 

PLCL as a method to modify as-printed morphology and the corresponding effect 

towards mechanical behavior, and 3) the hydrolytic degradation profile of both annealed 

and unannealed 3D-printed PLCL scaffolds using exposure to phosphate-buffered saline 

at a temperature of 37°C. Both the pristine and degraded samples were characterized for 

its molecular weight, mass loss, microstructure, thermal behavior, and mechanical 

properties.  
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2. Literature Review 

2.1 Fatigue of 3D-printed elastomers 

2.1.1 Fatigue of elastomers 

It is widely accepted that fatigue failure is a major problem in many long-term 

implants such as hip joint prostheses and mechanical heart valve96. To mitigate the issue, 

many studies have attempted to quantify and predict fatigue of biomaterials used in 

implants. However, most current studies only look into high elastic modulus (i.e., stiffer) 

polymers (e.g., PTFE, UHMWPE) and not elastomers. Although elastomers have found 

extensive use in the modern era including in biomedical settings, literature on fatigue 

testing of elastomers is modest when compared to the vast number of studies available on 

metals and stiffer polymers. One contributing factor to this is that because of its complex 

non-linear strain behavior, fatigue testing of elastomers and the corresponding analysis is 

often more involved. For example, most elastomers are not purely elastic, exhibiting stress 

softening and inelastic strain after successive load-unload cycles, complicating fatigue 

analysis and comparisons between different materials. In this section, we will focus our 

review on fatigue of synthetic, non-gel, non-degradable elastomers, thus excluding 

degradable elastomers, natural elastomers, and hydrogels. 

Most existing literature on fatigue of elastomers concern natural rubbers97,98, which 

is one of the earliest elastomers to have found widespread applications in mechanically 

demanding applications. In the literature, two distinct approaches are used in fatigue 
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analysis of natural rubber: a crack nucleation approach, and a crack propagation 

approach98 (also known as total-life philosophy and defect-tolerant philosophy99, 

respectively). In the former, a continuum mechanic perspective is applied to predict 

fatigue life (typically defined as loss of stiffness, specific crack size, or specimen rupture) 

from material history at a point. Stretch and strain energy density are frequently used as 

a fatigue life parameter. This approach is often used in engineering and is generally 

simpler but difficult to extend to cases with more complicated loading states98. The latter 

approach is based on a fracture mechanics perspective and look to predict the growth of 

a designated imposed crack given the energy release rate history of the crack98; the 

majority of current literature is based on this approach98. In planning for a testing setup, 

it is important to take into account the various factors that affect fatigue life. A review by 

Mars et al.100 and Tee et al.97 categorizes factors affecting rubber fatigue life in 4 groups: 

mechanical loading condition, environmental effect, rubber formulation, and constitutive 

response.  

Generally, the approach used for fatigue analysis and factors that affect fatigue life 

that was described for natural rubbers applies similarly for other types of elastomers. As 

a consequence of these aspects, fatigue test result of elastomers performed according to 

available test standards (e.g., ASTM D4482-11) often provide minimal correlation to the 

in-vivo performance of an actual device composed of the tested material. However, 

standardized fatigue test results are often still useful for comparative purposes. 
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Types of elastomers that find prominent use in biomedical applications include 

polyurethane, silicones, styrene-based rubbers, polyolefins and polydiene, polyvinyl 

chloride, cis-polyisoprene, and acrylates101,102. Out of these group of polymers, only a small 

few are suited for the stringent requirements of long-term implants (others find use in less 

demanding applications such as packaging or for short-term contact). Of those that are 

suitable for implant use, polyurethane-based elastomers are some of the most studied in 

a fatigue context. Commercially, polyurethanes (PU) are used in many mechanically 

demanding implant applications requiring fatigue durability such as cardiovascular 

valves and conduits, orthopedic splints, and various tubing.  

Approaches used in research on fatigue of PU are similar to that of natural rubbers. 

Most studies appear to focus on crack propagation studies of thermoplastic PU (TPU)103–

106. For example, in a series of studies by Scetta et al.104,105, variables important for fracture 

mechanics were defined for TPU followed by cyclic fatigue resistance evaluation. By 

comparing the variables, the result indicated an excellent toughness and cyclic fatigue 

resistance compared to thermoset rubber105. These excellent properties were then shown 

to be the result of self-organization of PU structure at the crack tip which selectively 

reinforces the region from further cracking104.  

PU fatigue studies using a crack nucleation approach are typically in the form of 

device testing, wherein specimens are tested in a form that is close to the actual device of 

interest107,108. Another common form of crack nucleation studies in the literature is for 
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quantifying fatigue life of TPU composites109–111. A small subset of studies covers PCU 

specifically. In one study by Miller et al.63, the fatigue life of injection molded and FFF-

printed PCU in an aqueous solution is compared, showing that FFF-printed PCU beat 

injection molded in terms of fatigue resistance across a number of different PCU grades. 

Ford et al.112 studied the micromechanisms of fatigue crack growth in PCU, specifically 

exploring the effect of loading pattern and hydration on fatigue life.  

A good amount of studies are performed within a biomedical context and attempt 

to study PU fatigue in a simulated physiological environment to account for 

degradation113,114. This is often performed in an accelerated setup using elevated 

temperature and/or different solutes to simulate modes of degradation that are 

encountered in vivo. For example, Wiggins et al.113 studied the biostability of various PU 

films under repetitive mechanical loading in a simulated oxidative environment. PU films 

are subjected to vacuum suction on one side and a H2O2/CoCl2 solution on the other. The 

study was performed with cardiovascular applications in mind (e.g., pumping action of 

an artificial ventricle). The authors concluded that 1) mechanical loading exacerbated 

degradation and 2) polycarbonate and polydimethylsiloxane soft segments possess 

improved biostability compared to polyether. From this result and that of other similar 

studies, it is safe to say that in vivo exposures will appreciably exacerbate fatigue damage. 

However, no in vitro methods have been shown to replicate in vivo result accurately as 

of yet. 
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2.1.2 Fatigue of 3D-printed polymers 

 Currently, a literature review on fatigue of FFF-printed polymers yields a very 

sparse number of studies. Two recent reviews by Shanmugam et al.115 and Safai et al.116 

have reached a similar conclusion. Although it is current overlooked, insight into the 

fatigue of 3D-printed object is arguably even more important than for those that are 

conventionally fabricated (e.g., injection molded). Owing to the extrusion mechanism of 

FFF, printing artifacts such as surface roughness and notches are inevitable in the final 

printed product. These features are known to affect fatigue life of conventionally 

fabricated specimens, generally for the worse. Beyond these dimensional artifacts, studies 

have also shown that polymer morphology is affected by the printing process, which in 

turn may impact fatigue life. Generally, conventionally fabricated objects appear to 

possess a better fatigue life compared to printed objects, although this has not been found 

to be consistent across all studies115,116. 

Fatigue of 3D-printed elastomers represent only a very small subset of the 

literature; most studies were done on relatively stiff polymers, with polylactide (PLA) and 

acrylonitrile butadiene styrene (ABS) being the most common subjects115,116. Other 

polymers that have been studied include polyethylene terephthalate glycol (PETG)117, 

polyamide (nylon)118, and polycarbonates (PC)119. Virtually all existing studies were 

conducted in uniaxial tension and/or compression loading condition. Most studies utilize 
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a crack nucleation approach, likely due to the complex structures of the 3D-printed 

specimens. Studies were performed in both displacement and load control. 

Broadly, there are two factors that contribute towards the fatigue performance of 

an FFF-printed sample (beyond the mechanical loading condition it is subjected to): 1) the 

material that was used for printing and 2) printing parameters and environment, which 

includes numerous aspects such as nozzle temperature, environment temperature, bed 

placement, and print pathing. For example, in a work by Jerez-Mesa et al.120, nozzle 

diameter and layer height were found to be an important influence on solid (i.e., non-

porous) PLA fatigue life. Although most studies conclude that some print parameter 

affects fatigue life, a clear causal relationship is difficult to establish due to the different 

parameters contributing synergistically towards the specimen properties. Studies conflict 

on which parameters are the most important; for example, Ezeh and Susmel121 concluded 

that PLA printed at different raster angles have similar fatigue life, whereas a study by 

Letcher et al.122 and Arbeiter et al.123 reported that some raster angles result in noticeably 

improved PLA fatigue life. Overall, with the currently small literature landscape, it is 

difficult to determine what print parameters work best to optimize fatigue life; however, 

it appears safe to conclude that it will highly depend on the specific material, structure, 

and test setup utilized. 

Fatigue study of porous and architected structures is another area of interest that 

is enabled by 3D-printing. There are very few fatigue studies of FFF-printed specimen that 
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venture beyond solid specimens (non-porous) and specifically focus on architected 

structures124–127. All of these studies were performed with a relatively low-cycle test 

(typically less than 1,000 cycles, all less than 10,000 cycles). A common conclusion across 

these studies is that architecture design can significantly impact specimen behavior under 

dynamic load and fatigue resistance. 

The fatigue of architected elastomers is a significantly smaller subset of fatigue 

studies when compared to those on architected high elastic modulus polymers, and even 

more so compared to architected metals. In one study, Miller et al.63 compared the fatigue 

behavior of both FFF-printed and injection molded PCU. Three different grades of PCU 

were subjected to displacement controlled fatigue test and across the board, FFF-printed 

sample outperformed injection molded samples in terms of stress-based tensile fatigue 

resistance. The author suggested that the FFF printing process could have resulted in a 

more favorable polymer morphology compared to the injection molding process. In 

another study by Miller et al.128, the fatigue properties of both FFF-printed and CLIP-

printed (Continuous Liquid Interface Production) PU based specimens were evaluated. 

The study concluded that PU based specimens are relatively tolerant of architecture and 

notches. Comparison of notch shapes indicated that notch severity plays an important role 

in fatigue performance, especially in the high cycle regime. Overall, the effect of 

architecture towards strain-based fatigue performance were deemed to be relatively 

small. 
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2.2 3D-printed biodegradable polymers 

Biodegradable polymers can be classified into natural (those derived from natural 

sources) and synthetic. The focus of this section will be around synthetic polymer. 

Generally, synthetic polymers are mechanically tougher and possess highly favorable 

processability compared to natural polymers; they are also much more common in 

currently used devices, easing the way towards translation to clinical use. There are a 

number of synthetic biodegradable polymers that consistently find commercial use and 

are well studied, these include polylactide (PLA), poly(ε-caprolactone)/polycaprolactone 

(PCL), poly(lactic-co-glycolic acid) (PLGA), polyhydroxyalkanoates (PHAs), 

poly(glycolic acid) (PGA), poly(trimethylene carbonate) (PTMC), polyethylene glycol 

diacrylate (PEGDA), poly(glycerol sebacate) (PGS), poly(propylene fumarate) (PPF), 

polyurethane variations (PU), poly(vinyl alcohol) (PVA), and their many copolymer 

varieties.  

PCL is one of the most common FFF-printed biodegradable polymers, it features 

prominently in scientific research and its behavior is generally well understood. Research 

around PCL spans widely, including studies on mechanical behavior, morphology129, 3D-

printed scaffolds130, in-vivo biocompatibility131, various permutations of composite 

constructs, and many more. To the best of the author’s knowledge, PCL is also the only 

degradable polymer used in an FDA cleared implant that is FFF-printed. Devices 
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marketed under the trade name ‘Osteoplug’ and ‘Osteomesh’ are entirely FFF-printed 

from PCL and are FDA cleared; these devices are intended for use in craniofacial bone 

voids. In addition to PCL, poly(α-hydroxy acids) such as PLA and PGA has also featured 

prominently in the literature132,133. PLA in particular is very frequently studied, likely due 

to it also being the most common general purpose FFF-printing material along with ABS. 

Only a small number of commonly FFF-printed biodegradable polymers are elastomeric, 

with the majority possessing a high elastic modulus (high stiffness) and low failure strain. 

Common biodegradable elastomers in the literature are PTMC, PUs, PGS, and various 

copolymers (often incorporating the monomers of these polymers). Some properties of 

these elastomers are listed in Table 1 for comparison. 

 

Table 1 Properties of commonly FFF-printed biodegradable elastomer. PLA and PCL 

added as comparison, representing stiff polymers. 

 

Tensile 

modulus 

(MPa) 

Tensile 

strength 

(MPa) 

Elongation 

at break  

(%) 

Approx. in vivo 

degradation 

time 

Tg  

(°C) 

PTMC134–136 
3-6.8 0.2-17 230-1250 >12 weeks -13 

PGS137,138 
0.04–1.2 0.20–0.5 50-450 60 days 6 

PUs139 

(e.g., 1,4-BDI hard 

segment + PCL 

diol soft segment) 

40 32 1000 - Tg 1 = -33 

Tg 2 = 11 

PLCL 60:40140–142 
5 15 >450 ~ 1 year -4 

PLLA133 
2700-4100 15-150 < 10 2-5 years 55-80 
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PCL133 
200-500 4-42 80-1100 > 2 years -60 

 

Understanding processing-structure-property relationship is crucial to the 

degradation properties of some polymers. Microstructure of the polymer chain is one of 

the aspects to consider. Many studies have shown the impact of chain microstructure 

towards degradation rate143,144. The morphology of the polymer, which is the result of a 

polymer’s microstructure and processing, is also crucial in determining degradation rate. 

For example, annealing-induced crystallinity of PLA has been shown to strongly affect its 

degradation properties. Several studies have shown an increase in degradation rate (both 

hydrolytic and enzymatic) for highly crystalline PLA93,94. Tsuji et al. proposed two possible 

reasons: 1) higher crystallinity results in more defect, allowing water to penetrate further 

and accelerating degradation and/or 2) the exclusion of terminal groups from the 

crystalline region during crystallization results in an amorphous region with denser 

catalytic group and a higher hydrophilicity94. Similarly, degradation of PCL is also 

affected by its crystallinity; opposite to what was observed for PLA, Sekosan and 

Vasanthan showed a significantly higher enzymatic degradation rate for amorphous PCL 

compared to a highly crystalline PCL145. A similar phenomenon wherein morphology 

impacts degradation rate is observed in many other polymer varieties95,146. Although the 

FFF process ultimately impacts polymer morphology, studies often overlook the direct 

correlation between the printing process to its impact on degradation rate and mechanical 
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properties. This rings especially true for PLCL, where studies of FFF-print are still very 

sparse. 

In one of the earliest studies on printed PLCL, Seppala et al. fabricated scaffolds 

out of 75:25 of poly(L-lactide-co-ε-caprolactone) compounded with bioactive glass. The 

scaffolds were found to possess good cell viability and compressive mechanical properties 

were shown to be modulated by scaffold design147. A more recent work by Liu et al. 

studied printed scaffolds of PLCL 70:30 and PLCL 30:70 and came to a similar 

conclusion148. Jain et al. studied the degradation of aliphatic polyesters including PLCL, 

showing that the FFF printing process decreased number average molecular weight (Mn) 

by about 50% over the course of 50 mins when exposed to its printing temperature of 

190°C (~30°C above Tmelting), while effects toward microstructure of the polymer chain is 

negligible149. In a number of works, PLCL is also used in a blend for compatibilization 

and/or for modulation of mechanical properties150,151.  

There are no studies into the processing-structure-property relationship of FFF-

printed PLCL. However, outside of the context of FFF-printing, there are some studies on 

the processing-structure-property relationship of PLCL140,141,152–155. An early series of 

research papers by Seppälä et al.141,152,153 showed the various physical properties of 

different varieties of PLCL before and after exposure to hydrolytic degradation. The study 

found vast differences in properties between different PLCL varieties. Hydrolytic 

degradation rate and mechanical property loss was shown to be significantly higher for 



 

28 

PLCL varieties compared to their homopolymer counterparts (i.e., PLA and PCL). During 

exposure to water, PLCL crystallization increased over time resulting in significant 

changes to mechanical properties, especially for comonomer ratios closer to 50:50. Saha 

and Tsuji found an accelerating effect towards crystallization for PLCL 50:50 from 

exposure to an aqueous environment compared to storage in ambient environment154,155. 

Fernández et al. studied PLCL from a microstructure perspective, where PLCL of similar 

comonomer ratios but different microstructural arrangement is compared. Compared to 

a more random monomer arrangement, blockier monomer arrangement were found to 

underwent more supramolecular changes over time via crystallization156 Generally, 

although there are insights concerning the processing-structure-property relationship of 

PLCL there is still a lack of research in some area, especially within the context of FFF. 
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3. Deformation and Durability of 3D-Printed 
Polycarbonate Urethane (PCU) Porous Membranes for 
Potential Use in Pelvic Organ Prolapse 

3.1 Introduction 

PCU has been shown in past studies to possess favorable properties for load-

bearing applications. It exhibits promising fatigue resistance157–160, high toughness63, and 

is resistant to biodegradation relative to most other types of TPU114,161. Combined with the 

advantages of 3D-printing, PCU represent an opportunity towards fabrication of a porous 

architected permanent implant that is suitable for a range of medical implant applications. 

For load-bearing implants, fatigue resistance remains an important but often overlooked 

property in the literature. This is especially true for porous architected structures, which 

typically possess numerous geometrical discontinuities that may exacerbate speed 

towards fatigue failure. Recent review articles115,116 reveal a dearth of fatigue studies on 

3D-printed architected polymer structures as compared to studies on architected metal 

structures162, particularly for elastomeric polymers, of which there is a very small set of 

studies available in the literature.  

In this study, we look to characterize the deformation and fatigue properties of a 

novel elastomeric, 3D-printed membrane intended for potential use in pelvic organ 

prolapse repair applications. We have utilized the term membranes as opposed to mesh 

as it better suits the characteristics of these 3D-printed constructs. Two types of 

membranes were studied: square-pore membranes and an auxetic bowtie-pore 
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membrane. In addition, a commercial polypropylene mesh was included for comparison. 

Membranes with different pore size, pore shape, membrane thickness, and membrane 

fiber dimension were mechanically characterized via monotonic tensile and tensile-tensile 

fatigue tests. Change in membrane pore dimension under tensile load were also 

characterized. All mechanical characterizations were performed in water conditioned to 

37°C to simulate body temperature. In addition to the PCU membranes, a laminate PCU 

mesh with a PETG core is fabricated and tested. The laminate membranes were fabricated 

with the objective of counteracting the significant ratcheting exhibited by PCU membrane 

under cyclic loading. The deformation and durability studies here serve as a template for 

consideration of other novel mesh or membrane materials. Although other materials have 

been proposed in the literature, it is critical to evaluate fatigue properties of candidate 

materials and structures to truly demonstrate potential for commercial success.  

 

3.2 Materials and methods 

Materials and processing 

PCU (Carbothanes AC-4075A (Shore hardness: 75A), AC-4085A (85A), and AC-

4095A (95A)) were obtained from Lubrizol in pellet form. Prior to all processing steps, the 

pellets were dried in a vacuum oven at 95°C and -25 inHg for a minimum of 2 hours. PCU 

pellets were first processed into 1.75 mm diameter 3D-printing filaments using a filament 

extruder (Filabot EX2). PETG was acquired from Hatchbox in 1.75 mm filament form that 
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is ready for 3D-printing use. Filaments were kept in a box with moisture absorbers. Prior 

to 3D printing, the filaments are dried again in a vacuum oven at 95°C, -25 inHg vacuum 

for a minimum of 2 hours.  

 

3D-printing of membranes 

All FDM samples were printed using a Prusa MK3S (Prusa Research sro.). 95A and 

PETG samples were printed using stock extruder, while 85A and 75A samples were 

printed using a specialized flexible filament extruder (Flexion, Diabase Engineering). 

Simplify3D was used to process CAD files into G-code files used for printing. Both tensile 

and fatigue samples were printed laying down on its largest surface area to improve 

printing quality. 95A, 85A, and 75A were printed using 240°C, 260°C, and 260°C nozzle 

temperature, respectively. Printing speeds were set to 4 mm/s. 0.25 mm diameter nozzle 

were used to print membranes with 0.3 mm strut width, 0.4 mm nozzle for membranes 

with 0.5 mm strut width, and 0.6 mm nozzle for membranes with 0.7 mm strut width. The 

complete set of printing parameters is shown in Table 2.  

Due to the nature of one-layer printing used to fabricate the membranes, we found 

that it was necessary to ensure adequate levelness of the print bed to maintain membrane 

consistency. This is done by physically levelling the bed and measuring its levelness using 

a distance sensor equipped on the printer. Bed level was measured at 7x7 points equally 

spaced over the print bed, totaling to 49 points. A minimum of 0.10 mm variance in level 
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was imposed before printing membranes. All membranes were printed with a target 

thickness of 0.5 mm. All printed samples were rested for at least 1 week before testing, in 

accordance with findings from our previous study63. The lamination process for laminated 

PCU and PETG membrane (see Figure 27) was done by changing the print filament and 

purging the prior polymer’s residue after finishing a print layer, thereby creating a 

membrane with alternating materials. 

 

Table 2 PCU dogbone and membrane printing parameter 

 95A  

Dogbone 

85A 

Dogbone 

75A 

Dogbone 

0.5 mm 

95A 

Membrane 

0.5 mm 

75A 

Membrane 

PCU-

PETG 

laminate 

mesh 

Printing 

Speed 

(mm/second) 

4 4 4 4 4 8 

Nozzle 

Temperature 

(oC) 

240 260 260 240 260 
PCU: 240 

PETG: 240 

Bed 

Temperature 

(oC) 

50 50 50 50 50 
PCU: 240 

PETG: 240 

Layer Height 

(mm) 
0.25 0.25 0.25 0.50 0.50 0.16 x 3  

Nozzle size  

(mm) 
0.4 0.4 0.4 0.4 0.4 0.4 

Layer Width 0.50 0.50 0.50 0.50 0.50 0.50 



 

33 

(mm) 

Perimeter 

Overlap (%) 
15 15 15 15 15 15 

 

Micro-CT 

Micro computed tomography (micro-CT) was performed to evaluate the internal 

structure of the materials. Micro-CT analysis was carried out on a XTH 225 ST (Nikon) at 

110 kV/80 µA. Exposure time was set at 708 ms and 2 frames are averaged for each image. 

Voxel size is maintained at 14.9 μm. CT-data was processed into cross-sections using CT 

Agent (Nikon) and reconstructed using CT Pro 3D (Nikon). 3D rendering and analysis of 

micro-CT scans was carried out using Avizo (FEI Visualization Sciences Group).  

 

Monotonic tensile testing 

Tensile tests were performed to evaluate the mechanical properties of bulk PCU 

and PCU membrane. Test samples for bulk PCU properties were in the shape of Type V 

ASTM D638 dogbone. All dogbones were printed with 0.4 mm nozzle. Three PCU grades 

were tested: 95A, 85A, and 75A, in decreasing hard segment content, respectively. Tests 

were carried out under the guidance of ASTM D638. Tests were performed using TR830 

(Test Resources) with a 100 lb. load cell. Samples were tested in a water bath heated to 

37°C. Displacement rate was set to 10 mm/min. Fiduciary markers were made on the gage 

of the dogbone and tracked using a video extensometer to calculate strain. The tracking 
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capability of the extensometer was found to be reliable to only about 80% strain. 

Therefore, stress-strain curves based on extensometer data are presented up to only 80% 

strain. A complete stress-strain curve showing point of failure is shown based on nominal 

strain instead, where 𝜀𝑛𝑜𝑚𝑖𝑛𝑎𝑙 =  
𝑐𝑟𝑜𝑠𝑠ℎ𝑒𝑎𝑑 𝑑𝑖𝑠𝑝𝑙𝑎𝑐𝑒𝑚𝑒𝑛𝑡

𝑖𝑛𝑖𝑡𝑖𝑎𝑙 𝑔𝑟𝑖𝑝−𝑡𝑜−𝑔𝑟𝑖𝑝 𝑑𝑖𝑠𝑡𝑎𝑛𝑐𝑒
. For dogbone samples of each 

PCU grade, the properties of dogbones printed using different raster angles were studied. 

In addition to testing in a water bath, dogbones were also tested in ambient environment 

for comparison. A minimum of 3 samples were used for each test group. Modulus was 

calculated from the stress-strain curve by taking the tangent of the curve at 10% strain. 

PCU membranes were tested on a similar setup. Displacement rate was set to 50 

mm/min. Only 95A and 75A PCU membranes were fabricated. 2 different pore shapes 

were tested: square and re-entrant auxetic ‘bowtie’. 3 different strut sizes were tested: 0.3 

mm, 0.5 mm, and 0.7 mm. All membranes were set to 0.5 mm thickness and 15 mm wide. 

The total porosity of every group was kept constant at approximately 66%. Tensile test 

results for membranes are represented as load/width vs. relative elongation curves. 

Load/width represents the load the tested membranes were subjected to during testing 

divided by its width (resulting in unit of N/cm). Relative elongation (RE) represents the 

elongation of the membranes divided by its original length.  

During tensile testing, changes in membrane pore size were tracked with an 

optical camera at 20 frames per minute. The frames were then processed with a MATLAB 

script (See Figure 6) over the course of the test until specimen failure. Digital processing 
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was used to determine pore area, pore length along major-axis (axis along tensile load 

direction), and pore length along minor-axis (axis perpendicular to tensile load direction). 

 

 

Figure 6 Image processing procedure for pore-shape tracking. a) Pores are threshold into 

a binary image and the pores are tracked. Pore centroids (center of mass) are marked by 

a blue asterisk in the middle of the pore. b) The pores are transformed into an ellipse 

with an equivalent second central moment and minor axis and major axis of the ellipse 

is tracked as a proxy for pore shape. 
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Fatigue, creep, and intermittent load testing 

Fatigue tests were performed with a TR830 test frame (Test Resources) equipped 

with a 100 lb. load cell. All tests were performed in a load-controlled manner. Loads were 

prescribed sinusoidally at a frequency of 0.5 Hz and stress ratio of R = 0.4 (R = Loadmax 

/Loadmin) until sample failure or runout (see Figure 7). Runout is prescribed at 105 cycles 

due to time constraint. A minimum of 3 samples for each load level and a minimum of 2 

runout samples were tested. Load level is reported as load/membrane width (resulting in 

unit of N/cm). Fatigue data is presented in the form of a pseudo-“S-N” plot in terms of 

peak load/sample width (N/cm) vs. cycles at failure (# of cycles). A similar plot with 

normalized peak load vs. cycles at failure is also presented. Normalized peak load is a 

unitless quantity representing imposed peak load level during fatigue test relative to the 

mean monotonic failure load of the sample type (i.e., imposed load/width divided by 

monotonic failure load/width).  

Static loading of the samples for creep testing were performed with the same setup 

with relative elongation of the sample tracked throughout the duration of the test. For 

intermittent testing, samples were subjected to 50 cycles of the assigned load level then 

rested for 10 minutes at 0 N (i.e., no loading). This pattern is repeated until sample failure. 
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Figure 7 A) Fatigue test setup with a PCU bowtie membrane under 90o loading B) Load 

profile subjected to 3D printed membranes and Restorelle 

 

Statistical analysis 

Statistical analysis was performed using one-way ANOVA and Tukey’s post-hoc 

test to determine statistical significance of different groups in this study. Statistical 

significance is set at p <= 0.05 unless otherwise stated. All statistical analysis was 

performed using JMP software package (SAS).  
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3.3 Results and discussion 

3.3.1 Monotonic tensile testing of various PCU grades 

Monotonic tensile tests were performed to assess the mechanical properties of 3D 

printed PCU dogbones immersed in water at 37°C. All samples were printed with raster 

lines parallel to tensile testing direction unless otherwise mentioned. The resulting 

representative stress-strain curves based on extensometer data are shown in Figure 8a,b,c, 

depicting samples with the median failure stress of a group. Due to the limited range of 

the extensometer, an additional plot of stress vs. nominal strain up to sample failure is 

provided by Figure 8d,e,f. Nominal strain is strain based on crosshead displacement of 

the tensile test frame: 𝜀𝑛𝑜𝑚𝑖𝑛𝑎𝑙 =  
𝑐𝑟𝑜𝑠𝑠ℎ𝑒𝑎𝑑 𝑑𝑖𝑠𝑝𝑙𝑎𝑐𝑒𝑚𝑒𝑛𝑡

𝑖𝑛𝑖𝑡𝑖𝑎𝑙 𝑔𝑟𝑖𝑝−𝑡𝑜−𝑔𝑟𝑖𝑝 𝑑𝑖𝑠𝑡𝑎𝑛𝑐𝑒
.  

All tested samples exhibited classical elastomeric loading behavior, showing an 

initial toe region followed by a slight plateau and ending with a steeper region prior to 

failure. Between all 3 grades, failure stress and failure strain in water bath at 37°C were 

found to be similar. Immersion of the PCU dogbones in 37°C water bath elicited significant 

change in the elastic modulus of all PCU grades. All 3 grades of water-bath tested PCU 

were more compliant compared to samples tested in air at ambient temperature. The 

average modulus of PCU-95A, PCU-85A, and PCU-75A decreased by an average of 40.7%, 

44.2%, and 8.9% respectively, indicating a greater change for PCU grades with a higher 

hard-segment content. Along with this, there was an increase in failure strain 

accompanied by a decrease in failure stress for all grades when tested in the water bath 
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compared to ambient air. The significant change in mechanical property after immersion 

in a heated water bath suggests that for an accurate evaluation of a PCU-based implant, 

mechanical tests should always be performed at physiological temperatures.  

The effects of raster angle on mechanical properties under uniaxial tensile load 

were examined by testing 2 additional groups of dogbones, one printed with a raster line 

alternating between 0° & 90° (i.e., along, and perpendicular to tensile testing axis) and the 

other 45° & 135°. Past studies have shown a significant change in mechanical properties 

for samples with differing raster angles, resulting in higher decrease of failure stress and 

failure strain for raster angles that are closer to perpendicular to tensile load. Conversely, 

raster angles aligned with tensile load exhibit improved failure stress and strain163,164. A 

summary of modulus of each group is shown in Figure 9c. From Figure 8a,b,c and Figure 

9c it is apparent that raster angle does not affect modulus in any appreciable manner. 

Figure 8d,e,f exhibits stress-nominal strain curves of samples with the median failure 

stress value for each group. Figure 9a and Figure 9b summarizes failure stress and failure 

nominal strain for dogbones printed with different raster angles. PCU 95A and 85A in 

particular were observed to be more affected by variation in raster angle compared to 75A, 

both exhibiting a noticeable decrease in failure stress (p < 0.0001) while 75A showed 

minimal change. This suggests that PCU with higher hard-segment content has an 

increased sensitivity to print raster pattern for solid samples. Past studies have shown a 
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similar trend wherein harder polymers tend to be more sensitive to raster patterns163,165. 

We propose two possible causes:  

1) High hard-segment content slows molecular diffusion since the PCU hard-

segment tend to possess a stiffer chain and higher steric hindrance. In addition, 

the hard segment has a much higher tendency to crystallize than soft segments63. 

Crystallization has been shown to hinder molecular diffusion166. These factors can 

limit layer bonding which strongly depends on molecular diffusion and the 

resulting entanglement167,168. This difficulty in bonding manifests in a more raster-

sensitive specimen.  

2) A higher notch sensitivity for high hard-segment content PCU. The layering 

process during 3D-printing naturally creates notches and voids inside the test 

samples, which could give rise to stress concentrations. Since harder materials 

tend to have higher notch sensitivity169,170, this could result in a lower failure stress 

for harder PCU. No change in modulus due to raster angle was observed for any 

PCU grades. 

The observed decrease in mechanical properties due to differences in raster angle 

indicates that a 3D-printed PCU structure would benefit from an optimized design and 

print path planning, particularly for PCU grades with high hard-segment content. 
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Figure 8 Monotonic tensile test result of PCU dogbones in air and a 37oC water bath 

(WB) with various print raster angles a-c) Stress-strain curve showing early behavior of 

PCU dogbones under tensile loading b) Stress-nominal strain curve showing curve up to 

failure  
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Figure 9 Summary of PCU dogbone tensile testing, (*) indicates statistical significance 

with p < 0.0001 a) Failure stress b) Failure nominal strain c) Modulus 
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3.3.2 Micro-CT scan of membrane samples 

Two types of membrane samples were 3D-printed from PCU: A re-entrant auxetic 

structure (bowtie) and a repeating square structure. Figure 10a shows the CAD model for 

both membrane types that were used for 3D printing input. As elaborated in the methods 

section, 3 strut sizes were printed for each type of membrane: 0.3 mm, 0.5 mm, and 0.7 

mm. Strut size is defined as the width of the struts composing the membrane. Thickness 

was maintained at 0.5 mm for all membrane types and sizes. To achieve the desired 0.5 

mm thickness, membranes with 0.3 mm wide struts were printed using a 0.25 mm nozzle 

in two layers of 0.25 mm thickness each, totaling 0.5 mm. This was done since it is not 

possible to directly print 0.5 mm thickness using a 0.25 mm print nozzle. 0.5 and 0.7 mm 

membranes were printed directly in one layer using a 0.4 mm and a 0.6 mm-diameter 

nozzle, respectively. Figure 10b describes the geometry of the bowtie membrane. In this 

work, all bowtie membranes used the following parameters: L/H = 0.41 and θ = 45°.  

To evaluate the resulting elastomeric PCU membranes, micro-CT scans were 

performed. Figure 10c shows the reconstructed CT data. The micro-CT dimensional 

measurements tabulated in Table 3 were measured at 3 mid-strut locations and show that 

the printed membranes were close to the desired size. A feature of interest is the lump 

seen on the top layer of the square membranes at the intersection of fibers, particularly 

prominent in 0.5 and 0.7 mm membranes (marked by a red circle). The square membranes 

were printed by first laying all the horizontal fibers and then layering the vertical fibers 



 

44 

(described in Figure 11). During the deposition process of the vertical top layer, the 

extruded molten polymer is hindered by the bottom layer, causing coalescence of the 

molten polymer at the intersection. This feature of the membrane gives rise to a disparity 

in the mechanical properties of the square membrane’s two perpendicular axes (discussed 

in a latter section) even though the square membrane was designed to have an identical 

shape when rotated by 90°. Bowtie membranes were printed with a different pathing than 

square membranes (Figure 11), resulting in discontinuous joints at certain locations within 

the membrane. Similar to the raster angle effect discussed in the prior section, these joints 

are layers with an inferior strength compared to the bulk property of PCU and hence act 

as weak points. These joints are observed to considerably affect the mechanical properties 

of printed membranes as discussed in the following section on mechanical properties. This 

leads us to conclude that print pathing is a significant factor in the additive manufacture 

of single-layer planar constructs such as the printed membranes. 
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Figure 10 a) CAD rendering of to-be-printed membranes b) parameters of re-entrant 

auxetic structure c) Micro-CT rendering of printed membranes. Red circles indicate 

location of printing artifacts in the form of lumps formed at the membrane junctions. 
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Table 3 Dimensional measurements of printed membranes via micro-CT (mean ± SD) 

Type Thickness (μm) Width (μm) 

Square - 0.3 mm 467.97 ± 7.66 274.00 ± 19.51 

Square - 0.5 mm 413.66 ± 9.80 576.12 ± 14.44 

Square - 0.7 mm 422.21 ± 50.75 712.29 ± 8.91 

Bowtie - 0.3 mm 543.43 ± 12.77 257.00 ± 4.99 

Bowtie - 0.5 mm 519.39 ± 30.06 538.13 ± 2.08 

Bowtie - 0.7 mm 602.46 ± 12.88 702.71 ± 16.80 

 

 
Figure 11 Membrane print pathing. a) Print pathing for square membranes. All 

horizontal struts were placed first before the vertical struts, which were laid on top of 

the horizontal struts. b) Print pathing for bowtie membranes, showing pores were 

printed one-by-one progressively. 
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3.3.3 Monotonic tensile testing of membranes 

Membranes with varying strut sizes were characterized via monotonic uniaxial 

tensile testing to evaluate its mechanical behavior. Both square and bowtie 95A PCU 

membranes with strut sizes of 0.3 mm, 0.5 mm, and 0.7 mm were tested. The membranes 

were each tested in 3 orientations, corresponding to an angle of 0°, 90°, and 45°. Figure 12 

shows a visualization of these loading orientations. While in most prolapse procedures, 

meshes are subject to tensile loads, we appreciate that multi-axial loading is present and 

therefore, we sought to test the behavior of the membranes along multiple axes. As a 

benchmark, a commercial polypropylene knitted mesh (Restorelle) was also tested with 

the same protocol at 0° and 45° load orientations. For brevity, samples are referred to in 

the following format: PCU_Grade-Membrane_Type-Load_Orientation (e.g., 95A-Bowtie-0° 

refers to 95A bowtie membrane under 0° loading orientation). Figure 13 shows the 

resulting representative load-relative elongation curves for each 95A PCU group. Figure 

14 shows the same plot with a magnified view on the early portion of the curve. Figure 15 

summarizes the important features of each group’s load/width-relative elongation (RE) 

curve. Load/width represents the load the samples were subjected to divided by the gage 

width of the tested membrane. 
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Figure 12 Loading orientations for PCU membranes and a commercial polypropylene 

mesh (Restorelle). Membranes and mesh colored black for clarity 



 

49 

  
 

Figure 13 Tensile monotonic load-relative elongation (RE) curve of 3D-printed 95A PCU 

membranes in 90o, 0o, and 45o orientation. Curve for a commercial PP mesh is added as a 

comparison a) Square 0.3 mm membrane b) Square 0.5 mm membrane c) Square 0.7 mm 

membrane d) Bowtie 0.3 mm membrane e) Bowtie 0.5 mm membrane f) Bowtie 0.7 mm 

membrane 

 

 

Figure 14 Early stage of load/width-RE curve for Restorelle and 95A PCU membrane 

with 0.5 mm strut width a) Bowtie b) Square 
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Figure 15 Box plot summary of membrane mechanical properties for 95A PCU 

membranes with varying strut sizes (0.3, 0.5, 0.7 mm) tested in 3 different orientations 

(0°,90°,45°) a) Failure relative elongation (RE) b) Failure load c) Load at 20% RE d) Load at 

100% RE 
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testing for both membrane types were observed to occur at junctions, indicating that they 

are indeed a mechanically weak point.  

Failure load is expressed in terms of loading at membrane failure divided by 

membrane width (unit of N/cm). Across the board, failure load is much higher for square 

membranes compared to bowtie membranes. In addition, 95A-Bowtie-90° and 95A-

Bowtie-45° were observed to have a noticeably lower failure load compared to 95A-

Bowtie-0° angle. The reason for these is twofold: 1) The bowtie structure tested is a 

bending-dominated structure. Bending-dominated structures lose stiffness rapidly along 

with a decrease in relative density173,174 as opposed to stretching-dominated structures 

such as the square membranes. In other words, by the nature of the structure’s shape, an 

equal porosity for both square and bowtie membrane would result in the bowtie 

membrane having fewer load bearing struts (i.e., struts directly aligned in the direction of 

the tensile load) compared to the square membrane. 2) Joints within bowtie membranes 

act as mechanically weak points, especially at certain loading orientations. This is in 

contrast with square membranes, which do not have these joints when tested with loading 

direction parallel to the struts. Loading orientations that subject weak points to tensile 

load will result in lower failure load. These joints are a consequence of print pathing and 

were examined closely in the prior section via micro-CT.  

Square membranes with a thicker strut were observed to possess a much higher 

failure load along with a higher stiffness. This is caused by significant edge effect because 
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of the small width of the sample (Figure 16). A wider sample will tend to average out this 

edge effect, resulting in a more similar load response for all strut sizes. Beyond this, strut 

size was not found to impact any property significantly. 

 

 

Figure 16 Edge effect of membrane during mechanical testing. Due to the small width of 

the test membranes, 0.7 mm membrane has more load bearing strut area (i.e., strut 

aligned with loading direction), resulting in a higher apparent stiffness and failure load. 

 

For square membranes, a membrane that perfectly matches the printing model 

should have the same properties for both Square-90° and Square-0° by virtue of symmetry. 

However, as a result of the printing artifacts discussed in the previous section, a lower 

failure load and stiffness was observed for 95A-Square-90° (loading parallel to second 

layer put down during printing) compared to 95A-Square-0° (loading parallel to first layer 

put down during printing). This underscores the importance of print pathing and print 

quality, showing their ability to give rise to tangible effects on mechanical properties. 

Bowtie membranes and 95A-Square-45° were observed to be much more compliant 

than 95A-Square-90° and 95A-Square-0°. This is indicated by a lower load reading at 20% 
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RE and to a lesser extent, 100% RE (Figure 15c and Figure 15d). The effect is more 

pronounced for bowtie membranes loaded at 90° angle. Again, this is caused by the 

bending-dominated structure of the bowtie membrane46,173. At 100% RE, most of the 

bending action reorienting the struts has concluded, allowing the struts to be loaded by 

stretching. The lower compliance is more pronounced for bowtie membranes with larger 

strut size. A larger strut size has a larger pore size (i.e., empty space between struts) since 

all of the membranes were maintained at an equal porosity. A larger pore size allows for 

more bending action, lowering the membrane’s compliance. 

In addition to 95A PCU, tensile tests were also performed for 0.5 mm 75A PCU 

membranes. Figure 17 shows a comparison between the load/width-RE curves of 95A 

PCU membrane and 75A PCU membrane. As expected, the 75A PCU membranes are 

much more compliant than 95A PCU membranes. This agrees with the dogbone tensile 

testing result shown in the previous section, wherein 75A dogbones were observed to be 

much more compliant than 95A dogbones. Beyond this, the results are similar to 95A 

membranes where the effect of loading orientation on failure load performance obeys the 

following order from highest to lowest: 0°, 90°, 45°, for both bowtie and square membrane. 

However, 75A square membrane exhibits a smaller discrepancy between 0° and 90° 

loading direction, indicating 75A membranes as having less defect sensitivity. 75A bowtie 

membrane also exhibit much higher compliance and failure RE under 90° and 45° loading 

compared to 0° loading, a property that is not exhibited by its 95A counterpart. Similar to 
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the dogbone case (discussed in a prior section), this can be attributed to the defect 

resistance of 75A membranes. This defect resistance is analogous to what was observed in 

75A dogbone samples with differing raster angles. As discussed in the prior section on 

monotonic tensile tests of PCU dogbones, we propose two factors as possible reasons for 

this: 1) Improved layer bonding due to the dominance of soft segments and 2) less 

pronounced stress concentration effect on softer materials.  

It is obvious that mechanical properties directly impact a load-bearing implant 

performance such as prolapse membranes. Design of a prolapse membranes will need to 

take into account all the parameters presented here (failure strain, failure load, and 

stiffness) and match it to the expected loading condition in order to not fail prematurely. 

Our mechanical testing has shown that there is an outsized impact from a few membrane 

parameters: PCU grade, membrane shape, and load orientation, while strut size shows 

minimal impact. Stiffness and failure load are the parameters that are generally the most 

impacted. In addition to these parameters, the load-RE response profile will also need to 

suit the implant requirements. For example, bowtie membrane was observed to be 

compliant early in the loading period and turned much stiffer at the later stages. 
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Figure 17 Tensile load/width-RE curve for a) Square 75A membrane b) Bowtie 75A 

membrane c) Square 95A membrane d) Bowtie 95A membrane 

 

3.3.4 Pore-geometry change of membranes under tension. 

Samples tested for pore geometry change were 95A PCU membranes with 0.5 mm 

strut size. For brevity, samples are referred to in the following format: Membrane_Type- 

Load_Orientation (e.g., Bowtie-0° refers to 95A bowtie membrane with 0.5 mm strut size 

and 0° loading orientation). Figure 18 shows representative images of the membranes at 

an early and late stage of monotonic tensile testing. Figure 19 shows change of pore shape 

over the course of testing for 0.5 mm square and bowtie membrane (see Method for 

measurement approach). As observed in Figure 19, Square-0° shows a marked increase in 

0 1 2 3 4 5 6 7 8
0

10

20

30

L
o

a
d

/w
id

th
 (

N
/c

m
)

RE (mm/mm)

 75A-Square, 0o

 75A-Square, 90o

 75A-Square, 45o

0 1 2 3 4 5 6 7 8
0

10

20

30

L
o

a
d

/w
id

th
 (

N
/c

m
)

RE (mm/mm)

 75A-Bowtie, 0o

 75A-Bowtie, 90o

 75A-Bowtie, 45o

0 1 2 3 4 5 6 7 8
0

10

20

30

L
o

a
d

/w
id

th
 (

N
/c

m
)

RE (mm/mm)

 95A-Square, 0o

 95A-Square, 90o

 95A-Square, 45o

0 1 2 3 4 5 6 7 8
0

10

20

30D)C)

B)

L
o

a
d

/w
id

th
 (

N
/c

m
)

RE (mm/mm)

 95A-Bowtie, 0o

 95A-Bowtie, 90o

 95A-Bowtie, 45o

A)



 

56 

pore area. This increase is mainly driven by major axis elongation while minor axis 

dimension change is minimal. Conversely, Square-45° loading shows a significant 

decrease in pore area driven by minor axis contraction. Major axis elongation for 45° 

loading was not shown on the plot due to difficulty acquiring accurate measurements 

because of the extremely narrow shape of the pores. Pores were observed to visibly close 

as the membrane elongates, as shown in Figure 18. Square-90° is assumed to exhibit 

similar pore-shape change to Square-0° and therefore was not evaluated. 

For Bowtie-0°, there is a marked increase in pore area driven by major axis 

elongation with a slight minor axis increase that stabilizes after around 100% membrane 

elongation. For Bowtie-90°, there is also an increase in pore area which is driven by major 

axis elongation. However, in this loading direction, minor axis length decreased 

significantly, indicating that the pore shape is narrowing which is confirmed by Figure 

18. For Bowtie-45°, we observed a significantly reduced pore area, similar to square 

membranes. Major axis elongation for Bowtie-45° was not shown in the plot due to 

difficulty in measuring the extremely narrow shape of the pores. A past study performed 

on bowtie membrane structures fabricated out of PDMS showed a similar result175. 

These pore shape changes are particularly important to the performance of the 

membrane when used as a pelvic prolapse implant. From a clinical point of view, larger 

pores and higher porosity minimize fibrosis, reduce inflammation, and encourage 

collagen deposition, which results in improved implant integration43,45. Explanted meshes 
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from patients with severe complications have shown high mesh density surrounded by a 

fibrotic capsule which is consistent with mesh deformation175. The strong dependence of 

loading direction and pore shape change for both membrane types also demonstrate that 

performance of future meshes can be improved by strategically placing pores in a manner 

that minimizes its deformation when the mesh implant is loaded. This could potentially 

be designed by simulating loading during real use and placing the pores at every region 

of the mesh implant in accordance with the simulated load directions. 

 

 
Figure 18 Change in pore shape over course of monotonic tensile testing a) Bowtie 

membrane under 90°, 0°, and 45° loading from left to right b) Square membrane under 0° 

and 45° loading from left to right.  
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Figure 19 Geometrical changes of membrane pore size over course of tensile test a) 

Square membranes b) Bowtie membranes 

 

3.3.5 Fatigue of membranes under cyclic loading 

To evaluate the membrane’s response to cyclic loading, uniaxial tensile fatigue 

tests were performed on 0.5 mm strut bowtie and square membranes. 95A and 75A PCU 

membranes were tested, each representing both extremes in PCU grade, which correlates 

to material stiffness. The tests were performed at 0°, 90°, and 45° load orientations (see 

Figure 12 for diagram). As a benchmark, commercial polypropylene knitted mesh 

(Restorelle) was tested with the same protocol along 0° and 45°. 90° orientation is not tested 
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for Restorelle since it is symmetrical with 0° (see Figure 12 for diagram). Fatigue data is 

presented in the form of a pseudo-“S-N” plot in terms of both load/sample width (N/cm) 

vs. cycles at failure and normalized load vs. cycles at failure. Normalized load is a unitless 

quantity representing load relative to the mean failure load of the sample type (load/width 

divided by failure load/width). Normalized load Figure 20 shows fatigue data for 

Restorelle. Figure 21 and Figure 22 shows fatigue data for square and bowtie 95A 

membranes, respectively. Figure 23 and Figure 24 shows fatigue data for square and 

bowtie 75A membranes, respectively. Arrows indicate the 100,000-cycle runout limit at 

which point the fatigue test was ended even if samples had not fractured. 

Restorelle-0° and Restorelle-45° exhibit similar S-N curves for both maximum and 

normalized load, as shown by Figure 20a and Figure 20b, respectively. Runout was 

attained at 6.67 N/cm load and about 0.38 normalized load for both test orientations. For 

95A PCU membranes, different loading orientation resulted in differing fatigue behavior. 

For 95A-Square membranes (shown in Figure 21a) Square-0° shows the best fatigue 

performance as indicated by the higher cycle-to-failure at equivalent load levels. This 

aligns with their monotonic tensile failure load trend, wherein Square-0° has the highest 

failure load followed by Square-90° and Square-45°. However, according to the normalized 

plot (Figure 20b), Square-45° loading direction shows the best relative fatigue performance 

instead. At up to 100,000 cycles, no plateauing was observed for any of the fatigue curves, 

indicating no fatigue “limit” in this cyclic regime (1 to 100,000 cycles). 
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As shown in Figure 22, Bowtie-0° was observed to possess the best fatigue 

performance followed by Bowtie-90° and Bowtie-45°. Similar to the square membranes, 

this trend aligns well with monotonic tensile failure load data of bowtie membranes. 

However, when maximum load is normalized by failure load (Figure 22b), Bowtie-45° 

shows a superior relative fatigue performance, while Bowtie-90° and Bowtie-0° shows 

similar normalized performance.  

There appears to be a trend of bending-dominated structures having a superior 

normalized-load fatigue performance in terms of normalized load. Square-45° and bowtie 

structures are bending-dominated structures and exhibit better normalized-load fatigue 

performance compared to Square-0° and Square-90°, which are stretch-dominated. A past 

study performed on 3D-printed ABS showed a similar result176, wherein dogbone samples 

printed via FDM shows the best normalized-load fatigue performance for samples printed 

with an alternating +45°/-45° raster angle, while those printed with a 0° raster angle (all 

fibers aligned with tensile load direction) showed the worst fatigue performance relative 

to their monotonic tensile strength. Similar to the results shown here, the study also 

showed +45°/-45° samples performing worse in monotonic tensile compared to 0° samples. 

The study proposed that the interlocking structures serve to counteract each pair of 

opposing fibers, thus decreasing the ease with which a crack propagates. 

Overall, PCU 95A membranes reached runout at similar load levels to Restorelle. 

Restorelle-0° and Restorelle-90° reached runout at 6.67 N/cm. Square-0° and Square-90° 
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reached runout at 6.67 N/cm while Square-45° reached runout at 5 N/cm. Bowtie-0° and 

Bowtie-90° had similar runout load levels to square membranes while Bowtie-45° was 

weaker. Bowtie-0° reached runout at 6.67 N/cm, Bowtie-90° reached runout at 5 N/cm, and 

Bowtie-45° reached runout at 4.3 N/cm. This indicates that square PCU 95A membrane is 

likely to not catastrophically fail from cyclic loading during use and could be a viable 

replacement for commercial meshes depending on RE levels following the reconstruction 

which may be related to patient body mass index and stage of prolapse. Bowtie-45° 

warrants a closer investigation to ensure physiological load will not cause it to fail during 

human use. 

In contrast with 95A square membranes, 75A square membranes were observed 

to fail similarly for all loading orientation (Figure 23a), again showing a defect tolerant 

nature compared to 95A, a PCU grade with more hard segment content. This observation 

aligns with tensile failure load data for 75A membranes (Figure 17) which also shows a 

smaller discrepancy between loading orientations compared to 95A membranes. Similar 

to 95A membranes, Square-45° exhibits a superior normalized load performance 

compared to Square-90° and Square-0° (Figure 23a). Overall, 75A square membrane appear 

to possess superior normalized-load performance to 95A square membranes. 

In Figure 24a, it is shown that 75A bowtie membrane had the following order of 

performance in terms of load orientation: 0°, 90°, 45°, aligning well with static tensile test 

results. However, Bowtie-45° exhibited a superior normalized-load performance 
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compared to Bowtie-90°, which in turn was superior to Bowtie-0°. This observation again 

showed that the bending-dominated structures possess superior fatigue performance 

relative to their own monotonic strength. However, 75A bowtie membranes appeared to 

have a much flatter S-N curve. 

At low cycle numbers, the normalized-load performance of 75A membrane is 

observed to exceed 1 for some samples, meaning the samples were subjected to peak cyclic 

load that is higher than its tensile failure load. During the initial stages of fatigue testing, 

the cyclic load is ramped up to the desired level cyclically instead of linearly, hence 

periodically exposing the sample to low loads in the process. This could have allowed the 

soft segments of 75A to relax, allowing it to withstand loads higher than its tensile failure 

load for low number of cycles. 

 

Figure 20 S-N plot of Restorelle. Arrows indicate runout at 100,000 cycles. a) Maximum 

cycle load/width plotted against number of cycles at failure b) Normalized load plotted 

against number of cycles at failure. 
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Figure 21 a) S-N plot of 95A square membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure b) Normalized 

load plotted against number of cycles at failure. 

 

 

 

Figure 22 S-N plot of 95A bowtie membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure b) Normalized 

load plotted against number of cycles at failure. 
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Figure 23 S-N plot of 75A square membrane. Arrows indicate runout at 100,000 cycles. a) 

Maximum cycle load/width plotted against number of cycles at failure b) Normalized 

load plotted against number of cycles at failure. 

 

 

 

Figure 24 S-N plot of 75A bowtie membrane. Arrows indicate runout at 100,000 cycles. 

a) Maximum cycle load/width plotted against number of cycles at failure b) Normalized 

load plotted against number of cycles at failure. 
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Figure 25 shows peak RE at the end of each load cycle plotted against number of 

cycles for Restorelle-0° and 95A-Square-0°. The curves exhibit RE accumulation under 

cyclic loading (i.e., ratchetting), showing increasing total RE over the course of the cyclic 

test. 95A PCU membranes under different loading orientations show similarly significant 

ratchetting (data not shown). 95A PCU membrane ratcheted significantly more than 

Restorelle, reaching up to 400% RE at failure while Restorelle failed at less than 100% RE. 

In addition, samples under high load were observed to fail at a significantly higher RE 

than samples under lower cyclic load. These observations are in line with past studies on 

ratcheting of polymer samples, showing ratcheting dependence on stress patterns and 

material properties177,178. Excessive increase in RE under cyclic loading (even without 

fracture) could cause a mesh implant “failure” since the mesh would be incapable of 

holding organs in their intended position. This observation emphasizes the need for 

future studies on fatigue of PCU or other membranes to be conducted with a similar load 

profile to physiological loading.  
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Figure 25 Evolution of RE during cyclic loading A) 95A-Square-0o B) Restorelle-0o 
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s) even though they are exposed to high loads for a longer duration than cyclically loaded 

sample. This effect is more pronounced with a lower load, as indicated by Figure 26b, 

showing that the statically loaded samples did not fail at 100,000 s, whereas the cyclically 

loaded samples typically failed at less than 5,000 s. This indicates that the cyclically loaded 

samples indeed failed due to fatigue in addition to the observed creep. Furthermore, the 

much longer lifetime of creep samples indicate that fatigue contributes substantially 

towards failure in comparison to the creep element. For polymer samples under tensile-

tensile load-control cyclic loading such as this, past studies have modeled failure to be a 

consequence of both fatigue and creep damage working synergistically179–181 as opposed 

to being two linearly-summed independent damage sources. Statically loaded samples 

were also observed to fail at a higher failure RE (5.12 ± 0.07 for 20 N/cm load) compared 

to cyclically loaded samples (4.65 ± 0.22 for 20 N/cm load) with the difference likely caused 

by the previously mentioned creep and fatigue interaction. 
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Figure 26 RE increase of 95A-Square-0o under static and cyclic load a) Samples loaded at 

20 N/cm static and peak cyclic load b) Samples loaded at 13.3 N/cm static and peak 

cyclic load. 
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loaded samples. The effect appears to be more pronounced for lower load levels, as 

indicated by the higher discrepancy for 25 – 10 N load level compared to 30 – 12 N load 

level. A study by Ford et al.112 on solid PCU samples observed a similar effect. In this 

study, continuously loaded samples failed at about 4x more cycles compared to 

intermittently loaded samples. The authors propose that there is a shift in phase 

separation in the area immediately surrounding the crack tip. The shift itself is attributed 

as the cause of hysteretic heating or cyclic strain at the zone ahead of the crack tip. Changes 

in tip microstructure due to loading has been corroborated in past studies. For example, 

a study by Scetta et al.105 showed that compared to pristine samples there are indeed 

microstructural changes at the crack tip when a sample is cyclically strained. Similarly, 

Harbour et al. showed the same phenomenon with  natural rubber and filled SBR, where 

a dwell period between loading produced crack growth rate of up to 30 times greater than 

constant loading rates. The authors propose that time-dependent recovery at the crack tip 

of rubber microstructure produces a temporary elevated stress-state following a dwell 

period182. Other past studies have also established the importance of loading history 

towards the fatigue performance of polymeric samples, such as by comparing different 

multi-step loading patterns before cyclic testing181. The discrepancy in continuous and 

intermittent sample shown here further emphasize that although the simple sinusoidal-

loading fatigue tests performed in the prior section provide some preliminary perspective 

on the performance of PCU membranes, there is a need for cyclic testing to be performed 
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using a loading pattern akin to physiological loading for a more accurate view of their 

performance. 

 

Table 4 Cycle to failure of intermittent and regular cyclically loaded 95A-Square-0o 

Load level Cycle to failure 

Continuous (mean ± SD) Intermittent (mean ± SD) 

30 – 12 N 181.3 ± 28.7 75.0 ± 30.5 

25 – 10 N 331.3 ± 204.1 114.2 ± 4.7 

 

3.3.8 Ratcheting of a laminated PCU-PETG membrane under 
loading 

As an attempt to reduce the observed PCU membrane ratcheting, a laminated 

membrane is fabricated by consecutively 3D-printing layers of PCU, PET, and PCU. Each 

layer is 0.163 mm thick, hence the membrane thickness totals to 0.5 mm, equal to the 

previously tested PCU membranes. Figure 27 shows a diagram of the laminate membrane 

design and the resulting printed device. The laminate membrane provides a significantly 

stiffer core to counteract membrane creep while the outside PCU layer retains the 

compliant surface of the pure PCU membrane.  
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Figure 27 a) Diagram of the printed PCU-PETG laminate membrane. The laminate mesh 

is composed of 3 alternating stacked layers of PCU-PETG-PCU b) PCU-PETG laminate 

membrane 

 

 

Figure 28 Tensile load vs. RE curves for a) PETG membrane, b) PETG membrane single-

layer, c) PCU membrane, and d) laminated membrane 
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Tensile stress-strain curves of the laminate membrane are shown in Figure 28a. 

Stress-strain curves for 0.5 mm PETG and PCU membranes (both also printed in 3 layers) 

and PETG (single layer, 0.163 mm) are included as a comparison (Figure 28b, Figure 28c, 

and Figure 28d consecutively). All samples were tested in the 0° and 90° loading direction 

to evaluate anisotropy that may result from the printing process. Samples were printed in 

an alternating direction for each of the 3 layers. For example, samples tested at 90° loading 

direction represents 0°, 90°, 0° layer directions consecutively, whereas 0° represent 90°, 0°, 

90° layer directions consecutively. The laminate membrane showed a very high modulus 

in comparison to PCU membranes as shown by the steep initial increase in load reading. 

The PCU membrane shows a failure RE of about 4 while PETG membrane abruptly fails 

at around 0.02 RE. In comparison, laminate membrane shows a maximum RE somewhere 

between the two, failing at around an RE of 2. Similarly, the load/width at failure of 

laminate membrane also lies between those of PETG and PCU membrane. Similar to the 

membranes discussed in the previous section, there is a significant degree of anisotropy 

in the laminate membranes. At 0° loading direction the laminate membrane exhibits a 

plastic-flow like behavior prior to failure, while at 90° loading direction the membrane 

appears to fail abruptly. Single-layer PETG (Figure 28d) shows a similar behavior, 

showing both higher RE and failure load at 0°. This indicates that the behavior of laminate 

membrane is mainly driven by its PETG core. Interestingly, though we expect the PETG 

core in the laminate membranes to fail at a much smaller RE (closer to the failure RE of 0° 
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single-layer PETG at around 0.4), there appears to be a synergistic behavior between the 

PCU-PETG layers as shown by the much higher RE of around 2. The lamination process 

appears to enable a much higher failure RE for the PETG core in the 0° direction (see inset 

figure of failed samples in Figure 28a). Both pure PETG and PCU membranes also show 

anisotropy, particularly in PCU which showed a significantly lower failure load. 

Inspection using SEM shows the root of the observed anisotropy in mechanical 

properties, as shown in Figure 29. Struts along the 90° direction of both 1 layer PCU and 

PETG (Figure 29a and Figure 29b) show a junction with notable defects. Both membranes 

showed thinning along the junction before recovering to the target strut width. Similar to 

the PCU membranes discussed in Section 3.3.2, this is caused by interruption of molten 

polymer flow by the previously laid out strut. The laminate membrane shows a similar 

defect, wherein both the PCU and PETG layer shows thinning near the junction. 

Inspection of the failure surface of laminate membrane shown in Figure 29d showed a 

significant difference in the failure modes of laminate membranes tested along the 0° and 

90° direction. Laminate membrane tested along the 0° shows a substantial elongation of 

the strut prior to failure, while samples tested along the 90° direction appear to have failed 

abruptly in brittle failure, showing minimal elongation and a flat failure surface. 

Interestingly, PETG 1-layer samples did not show substantial elongation of the struts in 

either direction. One possible explanation is that the lamination process partially blended 

the PCU and PETG layers, allowing the PETG layer in the laminate membrane to elongate 
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much more substantially than pure PETG membranes. The laminate membrane samples 

also showed no delamination of the layers even after failure, indicating good adhesion 

between the different layers. 

 

 

Figure 29 Scanning electron micrograph showing a) PCU 1-layer b) PETG 1-layer c) 

Laminated membrane d) Failure surface of laminate membranes 
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To study its ratcheting behavior, the laminated membranes were subjected to 

cyclic loading at 2 different load levels, 20-8 N and 10-4 N (hence R = 0.4 for both). Cyclic 

loading tests were all performed at a 0° load orientation. Figure 30 shows the evolution of 

RE under cyclic loading for both laminated membrane and PCU membrane. At a load 

level of 20-8 N the laminate membrane drastically increased in RE after around 200 cycles. 

This increase correlated with the failure of its PETG core, as confirmed from video 

recording of the cyclic test (not shown here). At 10-4 N load level, the laminate membrane 

retains an RE of close to 1, staying close to its original length until up to 100,000 cycles, the 

designated runout point at which the test is ended. In comparison, PCU membrane under 

10-4 N load level increased in RE to about 3 during the same period. In addition, the 

laminated membranes exhibit a longer fatigue life overall compared to pure PCU 

membranes, as shown in Table 5. Ratcheting is a detrimental phenomenon for meshes 

used in prolapse repair. Maintaining a consistent and predictable mesh dimension is 

crucial towards retaining a mesh’s functionality. These results show the potential of a 

composite membrane fabricated using a lamination printing process to minimize 

ratcheting while maintaining the compliant surface of the membrane, the trade-off being 

the loss of structural compliance which could be desirable for a prolapse repair 

application. Future work could involve the use of a custom architecture that could confer 

structural compliance while still minimizing ratcheting up to a desired strain level. 
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Figure 30 Ratcheting of laminated membrane over time under cyclic loading. All 

samples were loaded in a 0° loading direction 

 

Table 5 Cycles-to-failure count comparison for PCU and laminate membrane, minimum 

of N=3 for each group, N=2 for runouts. 

Load level Sample type Cycles-to-failure 

20-8 

PCU 

1,802 

1,586 

4,528 

Laminate 

32,649 

24,474 

89,921 

10-4 

PCU 
>100,000 

>100,000 

Laminate 
>100,000 

>100,000 
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3.4 Conclusion 

In this study, the mechanical behavior of PCU dogbones and membranes were 

characterized. First, we characterized the mechanical behavior of PCU dogbones of 3 

different grades in air and in a 37°C water bath. In 37°C water bath, PCU exhibited a 

significantly more compliant mechanical response as expected. Print raster angle and its 

effect on the mechanical properties of PCU dogbones was also evaluated. Softer PCU 

grades showed smaller changes due to differences in raster angle, indicating higher defect 

tolerance, while harder PCU grades were observed to change more significantly. This 

observation alludes to the importance of print pathing in membrane fabrication, 

particularly for harder PCU grades. 

3D-printed PCU membranes were evaluated using micro-CT, showing 

unintended artifacts as a result of the layer by layer 3D printing process. These features 

are later shown to significantly impact the mechanical properties of the PCU membranes, 

further emphasizing the importance of print pathing. Mechanical evaluation via 

monotonic tensile testing of PCU membranes generally show an outsized impact from a 

few parameters: PCU grade, membrane shape, and load orientation, while strut size 

shows minimal impact. Stiffness and failure load are parameters that are most impacted. 

We observed a more compliant response from the bowtie membranes and a stiffer 

response from the square membranes especially at lower strains. Membrane design will 

benefit from observing these trends. 
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Pore shape under tensile loading also varied significantly depending on the 

loading orientation. Both pore shapes show significant collapse under 45° loading, 

indicating a need for an improved pore design. Stable pore geometries with loading are a 

key feature to afford tissue ingrowth into the device. A future study could involve a 

custom pore orientation that is rationally designed to match expected in vivo loading 

direction and maintain its openness. 

 Square membranes exhibited a stronger fatigue resistance in terms of absolute load 

compared to bowtie membranes. However, when cyclic load was normalized by 

monotonic tensile failure load, it was observed that bending-dominated structures 

consistently show superior fatigue performance. Square membranes were found to 

possess comparable fatigue resistance in absolute load terms to a commercial 

polypropylene mesh. However, under this study’s cyclic loading pattern, the membranes 

exhibit significant creep over the course of the fatigue test. By comparing membranes 

under cyclic loading to membranes under pure static load, we conclude that failure of the 

membranes is likely due to a combination of both creep and classical fatigue failure 

working synergistically. Interestingly, membranes that were loaded intermittently were 

observed to fail at a lower cycle count than those that were loaded continuously.  

The PCU-PETG laminated membrane show a very small amount of ratcheting, 

showing potential as an approach towards improving the current PCU membrane. 

However, though it maintains a compliant interface via the PCU surface, the significant 
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increase in structural stiffness could prove to be detrimental to its performance. Future 

studies could attempt to potentially minimize creep via other avenues, such as post-

printing crosslinking of the printed materials or adding an architecture which controls 

structural compliance as required.  

In summary, we have comprehensively characterized the mechanical behavior of PCU 

membranes under both quasistatic and cyclic loading. We conclude that PCU membranes 

exhibit potential as a load bearing implant. These observations also suggest a strong need 

for future fatigue tests to be performed with a load profile that is similar to one 

encountered physiologically during implantation, i.e., in terms of load level, profile, 

environment, etc. The current work should serve as a template for evaluating other new 

materials for this application relative to mesh materials that were used in clinical 

application.  

One limitation of this study is that the tested samples used here were not conditioned 

in water for a prolonged period prior to testing. Past studies have shown that conditioning 

in water for up to 5 months can noticeably affect mechanical properties, albeit not in a 

catastrophic manner183. A future study with long-term exposure to an aqueous 

environment integrated with fatigue testing could provide further insight into the nature 

of long-term in vivo fatigue. Another limitation is that only uniaxial tension loading was 

implemented. An extension of this study could also involve use of multi-axial loading 

states such as use of a ball burst test. A ball burst test has the advantage of being somewhat 
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closer to a physiologically-relevant loading state. However, ball-burst testing does not 

capture anisotropy that is otherwise observed in uniaxial testing. Although neither testing 

protocol can fully capture how a mesh will behave in the highly variable in vivo 

environment perfectly, insight into how a mesh behaves from both protocols may 

correlate with its clinical performance if interpreted with the appropriate understanding 

of the different boundary conditions41. A further limitation is the clamping approach used 

during testing. In clinical settings, meshes are implanted using suture lines, whereas this 

study assumes a close to perfect clamping (i.e., all boundaries have 0 displacement) by 

using a grip type clamp. The suture-graft interface is a high stress location and may 

appreciably impact mechanical performance184.  
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4. Structure-property relationships in 3D-printed poly(L-
lactide-co-ε-caprolactone) degradable polymer 

4.1 Introduction 

Thermal properties of PLCL, such as glass transition temperature (Tg), 

crystallization temperature (Tc), and melting temperature (Tm) depend on the composition 

and morphology of the specific PLCL in question141. A higher lactide (LA) to ε-

caprolactone (CL) molar ratio will typically result in higher Tg, Tc, and Tm. A more blocky 

PLCL will show higher degree of phase separation between the two monomers, causing 

the sample to exhibit separate Tg and Tm185. In terms of microstructure, a blockier PLCL 

exhibits significantly higher crystallization capability in comparison to a more random 

PLCL morphology185. As expected, PLCL’s mechanical properties are also affected by the 

content and microstructure of the two monomers. PLCL has been shown to be at its lowest 

stiffness (i.e., lowest elastic modulus) at a composition of about 50:50 (LA:CL) molar 

ratio141 and when has low crystallinity. 

The degree of crystallization of a polymer has been shown to correlate with its 

degradation rate. In one study, highly crystalline and blocky PLCL is slower to degrade 

compared to those that are more amorphous. The authors propose that its crystalline 

domains are more closely packed and hinders water penetration, resulting in higher 

resistance to degradation compared to amorphous regions185. However, opposite to this, 

some polymers such as PLA has also been shown to degrade faster when it is more 

crystalline93,94.  
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Owing to its unique properties, PLCL has been proposed for a wide variety of 

applications in the literature, such as esophageal186 and vascular tissue engineering187. 

Commercially, PLCL is used in FDA cleared devices such as a breast tissue radiation 

therapy marker188 which is composed of 70:30 PLCL. It is also found in a nerve guide in 

the form of 65:35 poly(D,L-lactide-co-ε-caprolactone)189, a variety of PLCL composed of a 

racemic mixture of D and L-lactide as opposed to exclusively L-lactide. 

In this work we will characterize PLCL that is 3D-printed via fused filament 

fabrication (FFF). Aliphatic polyesters are typically amenable to FFF and accounts for 

most degradable 3D-printed biomedical implants both commercially and in research 

settings. A few studies on PLCL FFF exist in literature147,190, including studies on 3D 

printed PLCL composite147, a hybrid PLCL-collagen structure191, and on printed scaffold 

biocompatibility148,192. However, few studies explore the implications of the time-

dependent properties of 3D-printed PLCL with varying comonomer ratio. More 

specifically, to the best of the authors’ knowledge, none have examined the degradation 

profile of 3D-printed PLCL scaffolds under induced microstructure changes via aging and 

heat-treatment. The literature on more common aliphatic polyesters such as PLA are 

typically much more comprehensive, including studies on the effect of induced 

crystallization and aging on microstructure, mechanical properties, and degradation193. 

Consequently, the aim of this study is to provide a more comprehensive insight 

on the properties of 3D-printed PLCL and the effects of heat treatment. This study also 
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aims to study the in-vitro degradation profile of heat-treated 3D printed PLCL scaffolds 

by examining change in mechanical property, mass, molecular weight, morphology, and 

composition over the course of 28 weeks. 

 

4.2 Materials and methods 

Materials 

L-lactide (assay > 99.5%, TCI America, PA, USA) and ε-caprolactone monomer 

(assay >98%, Sigma Aldrich) were used to synthesize PLCL via ring-opening 

polymerization. An amount corresponding to the intended molar ratio of both monomers 

were melted in a flask at 140°C for 30 minutes with a magnetic stirrer. Magnetic stirrer 

was maintained at 100 rpm. Nitrogen gas was used to purge the flask by submerging the 

stream under the surface of the melt for 1 hour. Stannous octoate (assay 95%, Sigma 

Aldrich) were then added into the flask at a 1:2000 molar ratio of catalyst : monomers and 

polymerization is performed at 140oC over the course of 24 hours. The product was then 

dissolved in chloroform, precipitated in methanol, and dried at 45oC. Two monomer 

lactide (LA) : ε-caprolactone (CL) ratios were used, 70:30 and 60:40. The products are 

designated as PLCL7030 and PLCL6040, respectively. Phosphate buffered saline (PBS) 

(Sigma Aldrich) was used for the in-vitro degradation study. Chloroform-D (99.8 atom % 

D, Sigma Aldrich) was used as a solvent for 1H NMR. 
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Fused deposition modelling of PLCL 

An extruder (Noztek Pro, Noztek) was used to fabricate filaments used for FFF. 

Both 60:40 and 70:30 (LA:CL) PLCL were extruded at 185°C using a 1.75 mm nozzle. FFF 

printing was performed using a Prusa MK3S (Prusa cz.) with a nozzle temperature of 

180°C, nozzle size of 0.4 mm, printing speed of 6 mm/s, extrusion multiplier of 1, and bed 

temperature of 25°C. Complete printing parameters are shown in Table 6. Annealing of 

PLCL tensile samples and scaffolds were done via heat-treating at 50°C using a forced-air 

convection oven. Temperatures above 50°C were found to distort the shape of printed 

PLCL. Temperature of ambient room storage is 23+-3°C. 

 

Table 6 Printing parameter for PLCL scaffolds 

 PLCL6040 PLCL7030 

Nozzle diameter (mm) 0.3 0.3 

Printing Speed (mm/min) 75 120 

Nozzle Temperature (oC) 160 205 

Bed Temperature (oC) 28  28 

Layer Height (mm) 0.3  0.3 

Layer Width (mm) 0.3  0.3 

Raster Angle Crosshatch 0o/90o  Crosshatch 0o/90o 

Infill 25 %  25 % 

Perimeter Overlap (%) 20 % 20 % 
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Mechanical characterization (Monotonic tensile testing) 

Tensile tests were performed to evaluate the mechanical properties of crystallized 

PLCL. Dogbone samples were 3D printed with a gage size of 0.5 x 1.4 mm. Tests were 

performed with a 5 mm initial grip-to-grip separation. Sandpaper was used to prevent 

sample slippage. Samples were tested on a micro-strain analyzer (MSA) (RSA II, TA 

Instruments; New Castle, DE, USA) at a rate of 1 mm/s at room temperature (23+-2°C) 

until failure. Modulus was defined as stress at 100% strain. 

 

Mechanical characterization (Monotonic compression testing) 

Compression tests were utilized to evaluate the mechanical properties of pristine 

and degraded scaffolds. Scaffolds were 3D-printed in a crosshatch 90°/0° alternating 

pattern with a porosity of 75%. Scaffold struts were set to be about 0.3 mm in diameter. 

Scaffolds were sized to be 10 x 10 x 6 mm for testing in both the x-y plane and y-z plane, 

respectively. The scaffolds were printed with a 30% infill and a strut size of approximately 

300 μm in diameter.  

 Compression tests were performed on a TR Nano (Test Resources, MN, USA) 

equipped with a 100 lb. load cell. Crosshead displacement was set at 1 mm/minute. All 

samples were compressed to a minimum of 50% compression as noted by crosshead 

displacement. 
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Thermal characterization 

Thermal characterization via differential scanning calorimetry (DSC) was 

performed using a calibrated DSC Q2500 (TA Instruments). Samples were weighed to be 

between 4-10 mg. The routine was as follows: samples were cooled to -80°C and kept 

isothermal for 2 minutes. Sample were then heated to 210oC and kept isothermal for 1 

minute. Samples were then cooled back to -80°C. The cycle is performed twice. All cooling 

and heating rates were maintained constant at 20°C min-1. The first scan was used to 

determine the melting temperature, crystallinity, and heat of fusion of the material. The 

second scan of the sample has the thermal history of the material erased and was used to 

determine glass transition temperature from the midpoint of the inflection region. 

 

Nuclear magnetic resonance spectroscopy 

NMR spectra were obtained at 298 K on a 11.7 T Bruker Neo spectrometer and are 

reported as chemical shifts (δ) in parts per million (ppm). The sample was dissolved in 

600 µL of chloroform-d at a concentration of 10 mg/ml. Spectra were referenced internally 

according to residual solvent signals (1H: CDCl3, 7.26 ppm and 13C: CDCl3, 77.0 ppm). 1H 

spectra (zg30 Bruker sequence) were collected with 1.64 s acquisition time, 3 s relaxation 

delay time, 20 ppm spectral width, and 16 scans. Interpretations of the spectra were 

guided by a prior study by Fernandez et al.140. Lactide’s methine is assigned to the 5.16 

ppm signal. ε and α methylenes of ε-caprolactone are assigned to the 4.1 and 2.35 ppm 
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signal, respectively. Triplets from ε and α methylenes at 2.30 and 4.06 ppm correspond to 

CL-CL dyad while ones downfield (at 2.37 and 4.11 ppm) correspond to CL-LA dyad 

(which molar fraction is equal to LA-CL dyad). The underline represents which unit the 

dyad belongs to in the analyzed spectra peak. 

 

Gel permeation chromatography 

Gel permeation chromatography (GPC) was performed on two Agilent PLgel 

mixed-C columns (105 Å, 7.5x300 mm, 5 μm, part number PL1110-6500) using THF 

(stabilized with 100 ppm BHT) as the eluent. Molecular weights were calculated using a 

multi-angle light scattering (MALS) detector (Wyatt Dawn EOS) and DSP Interferometric 

Refractometer (RI) (Wyatt Optilab). The refractive index increment (dn/dc) values were 

determined by online calculation based on injections of known concentration and mass. 

 

X-ray diffraction (XRD) 

XRD measurements were made on a Panalytical X’Pert Pro (Malvern Panalytical, 

UK) using a Cu K-alpha X-Ray source. The 2-theta measurement range was 10 degrees to 

60 degrees with a step size of 0.05 degrees, and an acquisition time of 1 second per step. 

 

PLCL degradation study 
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PLCL7030 and PLCL6040 were fabricated using an FFF printer (TAZ6, Lulzbot, 

CO, USA) equipped with a Flexion extruder head (Diabase Engineering, CO, USA). 

Degradation specimens were the same as compression testing specimens (rectangular 

blocks sized 6 x 6 x 10 mm with a 30% infill and a strut size of approximately 300 μm in 

diameter). Both PLCL7030 and PLCL6040 were studied in a crystallized and non-

crystallized state. Crystallization is performed by annealing the sample in an oven at 50°C 

for 2 days. The degradation experiment was conducted using ASTM F1635 as guidance. 

Briefly, the specimens were placed in glass containers containing phosphate buffered 

saline (PBS) and is then placed in a 37°C incubator for the duration of the experiment. pH 

level is tested every week to ensure a range of 7-7.2, when measurement is outside of the 

range, the PBS solution is replaced. After finishing its degradation schedule (set at 1, 4, 8, 

16, and 28 weeks), the sample were mechanically tested after being patted dry, and is 

dried completely before being characterized further. 

 

Scanning electron microscopy 

Prior to SEM observation, samples were sputter coated (Denton Desk V, Denton) 

with about 8 nm of gold to facilitate conduction. Samples were then observed using SEM 

(FEI XL30 SEM-FEG) with the following settings: Voltage of 3 kV, current of 25 pA, 

working distance between 12-25mm, and magnification between 200-5000. 
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Statistical analysis 

All experiments were done in triplicate unless noted otherwise. All statistical 

analyses were performed using JMP (SAS Institute, Inc.). 

 

4.3 Results and discussion 

4.3.1 Polymer characterization 

To characterize the molar composition and microstructure of the synthesized 

polymer prior to any processing steps, 1H NMR spectroscopy was performed. The NMR 

spectra is shown in Figure 31. Molar compositions were calculated by integrating the LA 

methine peak and the CL methylene peak. The microstructure of a copolymer is crucial 

since it can drastically affect properties such as mechanical behavior. A more random 

copolymer will have a different behavior compared to its blockier counterpart. To 

characterize the randomness of its microstructure we utilize the randomness character 

R140. R represents how close a copolymer is to a Bernoullian truly random distribution. To 

define R, the measured number-average sequence length of a copolymer’s monomers is 

compared to the expected number-average sequence length of a Bernoullian truly random 

copolymer. An R value close to 1 represents a more random copolymer while an R value 

closer to 0 represents a blockier copolymer. R is described by Equation 𝑹= 

(𝑳𝑨 − 𝑪𝑳)𝟐𝑳𝑨﷧(𝑪𝑳)﷧ (1)194.  

𝑹 =
(𝑳𝑨−𝑪𝑳)

𝟐(𝑳𝑨)(𝑪𝑳)
 (1) 
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Where (LA) is the molar fraction of lactide, (CL) is the molar fraction of ε-

caprolactone, and (LA-CL) is the average LA-CL dyad relative molar fraction. The 

measured characteristics of PLCL7030 and PLCL6040 are shown in Table 7. PLCL7030 and 

PLCL6040 appear to show a relatively random distribution with R value approaching 1. 

High randomness is expected to hinder crystallization, whereas blockier copolymers 

crystallize much more rapidly.  

In addition to microstructure, the molecular weight of the synthesized polymers 

was measured via GPC, showing a weight-averaged molecular weight (Mw) of 140 kDa 

and 105 kDa for PLCL6040 and PLCL7030, respectively. The effect of processing on 

molecular weight were also studied and shown in Table 8, showing that processing does 

indeed affect molecular weight. The processing step, which involves high thermal stress 

and shear, reduced molecular weight significantly. This effect is important to consider if 

a polymer is to be used as a degradable implant since it could change its degradation 

profile. 
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Figure 31 NMR spectra of as-synthesized a) PLCL6040 and b)PLCL7030 

 

Table 7 Molar composition, randomness, and Mw of synthesized PLCL 

 

LA 

(molar 

ratio %) 

CL 

(molar 

ratio %) 

R lLA lCL 
Mw 

(kDa) 

PLCL6040 61.10 38.89 0.82 3.14 2.00 140 

PLCL7030 71.54 28.45 0.84 4.24 1.73 105 

 

 

 

5.4 5.1 4.8 4.5 4.2 3.9 3.6 3.3 3.0 2.7 2.4 2.1

5.4 5.1 4.8 4.5 4.2 3.9 3.6 3.3 3.0 2.7 2.4 2.1

B)

0.6364

δ (ppm)

1.0001

1.000 0.3977

A)

δ (ppm)
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Table 8 Effect of processing on molecular weight of PLCL 

 
MW 

(KDA) 
PDI 

PLCL6040 – 

As Synthesized 
140 2.007 

PLCL6040 – 

Filament 
75 1.036 

PLCL6040 – 

Printed 
66 1.049 

PLCL7030 – 

As Synthesized 
105 1.513 

PLCL7030 – 

Filament 
100 1.051 

PLCL7030 – 

Printed 
76 1.029 

 

 

4.3.2 PLCL crystallization via annealing 

The aging of a polymer and the subsequent change in properties is an important 

factor in their applications in medical implants. Polymer aging manifests itself as a 

rearrangement of the supramolecular structure of a polymer, causing changes in 

mechanical properties and degradation profiles195. During processing, a polymer is often 

cooled at a sufficiently rapid pace to form a thermodynamically unstable state. Storage 

(i.e. aging) of the polymer at a temperature lower than its glass transition temperature (Tg) 

will result in physical aging, wherein the unstable supramolecular structure morphs into 

a metastable glassy state196. However, for a polymer stored at a temperature higher than 

its Tg, the higher mobility of the polymer chains can allow for crystallization of said 

polymer, which is likely to induce drastic changes in its properties.  
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In this study, the thermal characteristics of as-printed PLCL (6 hours after printing) 

is first characterized. Then, two storage conditions were implemented to study the aging 

PLCL6040 and PLCL7030, first at an ambient temperature of 23+-3°C and second at an 

elevated temperature of 50°C. Both polymers were aged over the course of 18 weeks. DSC 

thermograms of both polymers are shown in Figure 32 and important thermal features 

are tabulated in Table 9 and  

 

Table 10. The thermogram of both polymers at 6 hours of aging in ambient 

temperature (RT) shows a Tg but no discernable melting peaks for both polymers, 

indicating that FFF printing of both polymers resulted in an initially almost completely 

amorphous PLCL object. As shown in Figure 32a, after 2 days at 50°C PLCL6040 exhibited 

a second Tg at around 70oC, indicating phase separation of LA and CL units over the aging 

period. This Tg is accompanied by an enthalpic relaxation peak caused by physical 

aging197. In addition, a broad melting peak appeared at around 120°C. XRD measurements 

indicate that LA crystals can be attributed to this melting peak (see Figure 34). The broad 

melting peak indicates formation of more irregular crystallites while the emergence and 

subsequent increase of a melting peak signifies a corresponding increase in crystallinity. 

Compared to the melting temperature of PLLA (about 150-180°C)198,199, the depression in 

Tm indicates formation of smaller and/or more imperfect crystallites. The increase in 

melting peak enthalpy of PLCL6040 over time is shown in Figure 33a. PLCL6040 aged at 
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50°C reached its maximum melting enthalpy after 2 days whereas RT aged PLCL6040 

reached the same melting enthalpy after 5 weeks, after which it stabilized. The final area 

for RT aged PLCL6040 is lower compared to the final melting peak area of PLCL6040 

annealed at 50°C. Additionally, the enthalpic peak emerges at a lower temperature. These 

indicate that although both RT and 50°C samples physically aged, they reached a different 

metastable final conformation. 

Similar to PLCL6040, PLCL7030 showed significant changes in its thermogram 

after 2 days at 50°C, as shown in Figure 32b. An endothermic melting peak is clearly seen 

at around 135°C along with the emergence of a new Tg at around 70°C. This melting peak 

is much sharper compared to what was observed for PLCL6040 and emerges at a higher 

temperature, indicating larger and more regular crystallites. Similar to PLCL6040, XRD 

measurements indicate that LA crystals can be attributed to this melting peak (see Figure 

34). The thermogram stabilized after 2 weeks at 50°C, at this time point there is also an 

emergence of a dual melting peak which can be attributed to either cold crystallization 

reorganization or the melting of different crystal conformations. Past studies on PLLA 

crystals has shown that this is likely due to the latter200,201. The emergence of a second 

peak is accompanied by an increase in total melting peak. The appearance of a second Tg 

at around 70°C indicate phase separation of LA and CL units, similar to what was 

observed for PLC6040. The increase in melting peak enthalpy of PLCL7030 over time is 

shown in Figure 33b. To note is the absence of a cold-crystallization peak which has been 
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observed in blockier variants of PLCL with a similar monomer ratio185, indicating a slower 

crystallization kinetic. 

Following 2 days of storage at 50°C or 5 weeks at RT, PLCL6040 has reached its 

maximum melting enthalpy, whereas PLCL7030 reached its maximum melting enthalpy 

in 5 weeks at 50°C or 18 weeks at RT. The melting peak of both samples can be attributed 

to lactide crystal structures as corroborated by the XRD spectra shown in Figure 34. The 

XRD spectra for both PLCL7030 and PLCL6040 show peaks that are identical to that of a 

crystallized pure polylactide (PLA) sample83, to which we conclude that the crystallinity 

observed in the PLCL samples are almost entirely composed of PLLA. Assuming enthalpy 

of fusion of a perfect PLLA crystal (∆Hf) is 93 J g-1202 then the crystallinity of each sample 

can be defined from Equation 2 where 𝑋𝑐 is crystallinity percentage, Δ𝐻𝑚 is the melting 

enthalpy, and Δ𝐻𝑚
0  is the melting enthalpy of PLLA crystal of infinite crystal thickness.  

𝑿𝒄 = 𝟏𝟎𝟎 ×
𝜟𝑯𝒎

𝜟𝑯𝒎
𝟎               (2)  

 

According to this equation, PLCL6040 and PLCL7030 reached a peak crystallinity of 5.2% 

and 18.36% respectively after being annealed at 50°C for 5 weeks. At this timepoint, the 

highest value for melting enthalpy was observed, as exhibited by Table 9 and Table 10. 

The existence of PLA crystals could affect biocompatibility as it has been shown that small 

crystal particles could evoke foreign body reaction during degradation203. Visually, aged 

samples were more opaque, a feature commonly observed in crystallized polymer 

samples, whereas the initially amorphous samples were relatively transparent. The 
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crystallized samples were also noticeably less tacky, making it significantly easier to 

handle. The initially amorphous printed samples are very tacky and tend to stick onto 

themselves, causing 3D printed porous structures to collapse when compressed without 

recovering its initial shape. 

 

 

Figure 32 DSC thermogram of annealed and room-temperature aged 3D-printed PLCL 

samples. Exothermic reaction in the up direction. a) PLCL6040 b) PLCL7030. 
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Figure 33 Change in melting enthalpy over the aging period in ambient temperature and 

50°C for a) PLCL6040 and b) PLCL7030 

 

Table 9 Summary of important features of PLCL6040 thermograms 

PLCL 

Ratio 
Temperature Time 

Average ± SD 

Trel (°C) Hmelting (J/g) Tm (°C) 

6040 

RT 

2D - - - 

5W 57.29 ± 0.16 4.61 ± 0.55 138.08 ± 5.03 

18W 59.79 ± 0.52 4.23 ± 0.57 116.82 ± 1.25 

50°C 
2D 73.90 ± 0.16 4.66 ± 0.30 119.01 ± 22.70 

5W 77.07 ± 0.43 4.88 ± 0.10 102.89 ± 0.32 
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Table 10 Summary of important features of PLCL7030 thermograms 

PLCL 

Ratio 
Temperature Time 

Average 

Tg2 (°C) Hmelting (J/g) Tm (°C) 

7030 

RT 

2D - - - 

5W - 6.59 ± 1.30 133.64 ± 0.05 

18W 53.43 ± 0.47 17.80 ± 0.40 134.05 ± 0.85 

50°C 
2D 75.43 ± 0.17 14.10 ± 0.35 132.53 ± 0.09 

5W 76.31 ± 0.52 17.33 ± 0.40 134.77 ± 0.30 

 

 

Figure 34 X-ray diffraction spectra of initially amorphous (room temperature at 6 hours) 

and annealed (50°C for 1 week) 3D-printed PLCL samples. 
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PLCL6040 and PLCL7030 samples were subjected to monotonic tensile testing 

using a micro-strain analyzer to determine changes in its mechanical properties over the 

aging period. Representative stress-strain curves as a function of aging are shown in 

Figure 35. A summary of important mechanical properties is shown in Figure 36. Figure 

36 shows the significant increase in stiffness and yield stress of PLCL7030 as it is aged 

while failure strain appears relatively unaffected. There is a clear correlation between the 

increase in crystallinity and the changes in mechanical properties which can be plainly 

observed by comparing Figure 32d and Figure 36b. This is consistent with a number of 

past studies observing a similar correlation83,154,155. Similarly, Figure 32c and Figure 36a 

show an increase in PLCL6040 stiffness that strongly correlates with crystallinity, with 

failure stress and failure strain relatively unaffected. PLCL6040 also appeared to start 

showing a yield point that did not exist for as-printed samples. Since the performance of 

a medical implant often depends on the properties of the composing material, both the 

changing crystallinity and mechanical properties of PLCL shown here should be 

considered when designing an implant device. Furthermore, the morphological changes 

over time may also affect the degradation profile of a polymer. 

There is an interesting trade off noted here: a more amorphous PLCL sample tends 

to be much tackier and more difficult to handle compared to a crystallized sample. 

However, a more crystallized sample clearly shows a much stiffer response under 
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mechanical loading which could be less suitable for some soft tissue implants. This effect 

is expected to be more pronounced for blockier PLCL molecules, and less so for more 

random PLCL molecules. In the following section, the degradation profile of PLCL were 

studied. Both crystallized and non-crystallized PLCL are compared to study the effects of 

annealing PLCL and changing its morphology prior to it being degraded in an aqueous 

environment. 

 

 

Figure 35 Stress-strain curves of annealed 3D-printed PLCL sample. a) PLCL7030 

annealed at 50°C. b) PLCL7030 aged at room temperature c) PLCL6040 annealed at 50°C. 

b) PLCL6040 aged at room temperature. 
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Figure 36 Summary of 3D-printed PLCL sample mechanical property change. a) 6040 

PLCL b) 7030 PLCL. 

 

4.3.3 Degradation of 3D-printed PLCL scaffolds 

Degradation study of 3D-printed PLCL is performed by immersing PLCL7030 and 

PLCL6040 scaffolds in phosphate buffered saline (PBS) at 37°C for up to 28 weeks. 4 

groups of scaffolds were studied: as-printed PLCL7030, annealed PLCL7030, as-printed 

PLCL6040, and annealed PLCL6040 (denoted as NC-7030, C-7030, NC-6040, C-6040 

respectively, C standing for crystallized and NC for non-crystallized). Annealing of 
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samples were performed at 50°C using a forced-air convection oven over 2 days. Changes 

in properties over the degradation period are then studied in terms of mass loss, thermal 

properties, molecular composition, molecular weight, and mechanical properties.  

Mass and molecular weight loss  

Mass loss and weight-averaged molecular weight loss (Mw) are shown in terms of 

percentage in Figure 37. Percentage of remaining mass is tabulated in Table 11. Absolute 

values for Mw and Mn loss are tabulated in Table 12. A mass decrease of up to about 50% 

was observed at 28 weeks. Up to 8 weeks, only very minimal mass loss was observed. 

However, it was apparent when performing mechanical testing (discussed in depth in a 

later section) that after 8 weeks PLCL scaffolds were already very brittle. The mass 

decrease appears to be accelerating over time. No significant difference in mass loss was 

observed for any of the groups, indicating that all PLCL ratios and crystallization state 

has a similar rate of mass loss. The current testing setup immerses the scaffolds in a still 

solution with no movement or mechanical stimuli and future works could benefit from 

simulating mechanical loading conditions during degradation.  

Opposite to mass loss, molecular weight loss occurred at a much faster rate 

initially and slows down over time. Early on at the 1-week time point PLCL6040 were 

observed to have a higher molecular weight decrease by percentage compared to 

PLCL7030 but shifted to a statistically non-significant difference at advanced time-points. 

At the 8-week time point, 80% molecular weight loss was observed, down to an Mw about 
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6-10 kDa (Mn of about 5-8 kDa). Past studies have asserted that this is the molecular weight 

range at which the critical entanglement molecular weight limit is observed for PLA and 

PCL204,205. This corresponds to the start of significant decrease in mass after the 8-week 

time point along with other aspects such as significant decrease in mechanical properties 

(shown in the following sections). The trends shown by molecular weight and mass loss 

indicate a classical mass loss process wherein chain scission by hydrolysis occurs, erosion 

is initiated, and chains that are sufficiently short become soluble and dissolve, initiating 

mass loss. 

Compared with pure PLLA and PCL94,206, the degradation profile of PLCL appears 

to be significantly faster judging by the molecular weight and mass loss observed here. 

This trend is in line with the classical expectation of copolymers close to a 50:50 ratio being 

the most vulnerable to degradation207,208. A 50:50 ratio is typically optimal in disrupting 

the ordering of the polymer’s microstructure, which hinders crystallization. The 

amorphous region then could allow for a higher rate of water molecule diffusion and 

consequently, a faster rate of chain scission. 

 It is also interesting to note that that there does not seem to be a significant 

difference in property loss between annealed and non-annealed PLCL, likely due the non-

annealed PLCL crystallizing significantly during the initial phase of the degradation 

process in 37°C PBS (discussed in following section), resulting in a similar initial state for 

both groups. This is unlike what is seen with PLLA wherein crystallized PLLA exhibit a 
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noticeably more rapid degradation profile than its mostly amorphous counterpart94. 

However, PLLA requires temperature in excess of 100°C in order to facilitate substantial 

crystallization which hinders crystallization in the degradation process. 

 

Table 11 Mass loss percentage (mean ± SD) 

Time (weeks) Mass (% of initial) 

C-6040 NC-6040 C-7030 NC-7030 

1 98.84 ± 0.6 99.30 ± 0.5 98.94 ± 0.3 99.45 ± 0.7 

4 98.65 ± 0.6 99.03 ± 0.2 98.31 ± 0.9 98.78 ± 0.7 

8 94.36 ± 1.1 93.34 ± 2.8 92.70 ± 3.5 93.81 ± 3.3 

16 75.09 ± 3.9 78.74 ± 1.4 78.55 ± 7.3 80.57 ± 2.0 

28 54.50 ± 6.6 50.26 ± 10.1 47.66 ± 2.6 45.74 ± 4.3 

 

Table 12 Molecular weight (Mw and Mn) over 28 weeks of degradation (mean ± error) 

Time 

(weeks) 

Mw (Da) Mn (kDa) 

C-6040 NC-

6040 

C-7030 NC-

7030 

C-6040 NC-

6040 

C-7030 NC-

7030 

Initial 66.26 ± 

1.06 

66.26 ± 

1.06 

75.96 ± 

1.24 

75.96 ± 

1.24 

63.19 ± 

1.18  

63.19 ± 

1.18 

73.84 ± 

1.63 

73.84 

± 1.63 

1 31.47 ± 

1.26 

33.85 ± 

1.49 

57.13 ± 

1.52 

47.76 ± 

2.09 

30.31 ± 

1.84 

31.66 ± 

3.21 

55.58 ± 

2.11 

45.31 

± 3.11 

4 14.85 ± 

0.75 

14.17 ± 

0.51 

19.78 ± 

0.87 

17.83 ± 

0.80 

13.65 ± 

1.66 

9.17 ± 

2.08 

12.84 ± 

1.45 

13.86 

± 2.28 

8 6.90 ± 

1.51 

9.22 ± 

2.14 

10.04 ± 

0.98 

11.9 ± 

1.59 

6.08 ± 

1.90 

8.69 ± 

2.54 

9.67 ± 

1.43 

11.3 ± 

1.51 

16 4.90 ± 

0.70 

7.078 ± 

1.54 

4.442 ± 

1.09 

4.88 ± 

0.72 

3.52 ± 

1.05 

6.04 ± 

1.42 

3.42 ± 

1.23 

3.63 ± 

0.77 

28 4.75 ± 

2.77 

1.09 ± 

0.47 

3.10 ± 

0.91 

1.93 ± 

0.71 

3.60 ± 

2.18 

0.87 ± 

0.45 

2.59 ± 

0.74 

1.66 ± 

0.60 
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Figure 37 Mass loss and weight-averaged molecular weight loss of annealed and 

amorphous PLCL during degradation in terms of percentage 

 

Thermal properties 

Changes in thermal properties of hydrolytically degraded PLCL as measured by 

DSC is shown in Figure 38. Changes that were observed for these specimens were largely 
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double melting peak where initially there was none. For PLCL6040, a small enthalpic 

relaxation peak is seen emerging along with a wide melting peak.  

However, several important differences were observed for the degradation 

specimens compared to the specimens annealed in air. First, a decrease in Tg was observed 

which can be attributed to hydrolytic chain scission enhancing polymer chain mobility. 

Second, the samples appear to exhibit a faster and more pronounced crystallization. 

Although the degraded samples were conditioned at 37°C, they crystallize at about the 

same rate as those annealed at 50°C. A past study has observed that water molecules could 

act as a plasticizer and enhance the crystallization of PLCL155. Change in melting enthalpy 

over time is plotted in Figure 39. PLCL6040 annealed in air (Figure 33) was able to achieve 

a melting enthalpy of up to about 4.88 J/g at 5 weeks and appeared to stabilize, while those 

that were degraded showed an increase of up to 35.63 J/g at 28 weeks with no signs of 

stabilizing. PLCL7030 annealed in air achieved a melting enthalpy of about 17.33 J/g at 5 

weeks and appeared to stabilize, while those that were degraded showed an increase of 

up to about 48.89 J/g at 28 weeks, again with no signs of stabilizing. This is likely due to 

the preferential degradation of the amorphous regions (see next section on molar 

composition changes). Significant crystallization over the course of degradation is a 

potential concern in low modulus degradable polymers used as an implant in soft tissue. 

In addition to modulus mismatch, it has been observed that clinically symptomatic 

reaction of PLLA can sometimes be attributed to its crystalline remainder209. 
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Figure 38 Change in thermogram post-degradation a) PLCL6040 and b) PLCL7030. 

 

 

Figure 39 Change in melting enthalpy post-degradation a) PLCL6040 and b) PLCL7030 
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Molar composition  

Molar composition measured via 1H NMR over the course of scaffold degradation 

is shown in Figure 40. The readings show an increase in the proportion of lactide 

monomers over time, from about to 60% and 70% to about 66% and 82% for PLCL 6040 

and PLCL7030, respectively. The increase in crystallinity shown by DSC thermograms 

along with this increase in lactide proportion indicate that ε-caprolactone moieties are 

preferentially degrading compared to the semi-crystalline lactide portions because of its 

amorphous nature185. 

 

 

Figure 40 Molar composition of PLCL scaffolds post-degradation. 
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Mechanical properties  

Mechanical properties were evaluated via monotonic compression testing of the 

3D-printed scaffolds. The scaffolds were tested in 2 compression orientations: 

compression along the Z-axis (parallel to build plate normal, see Figure 41a) and along 

the X-axis (perpendicular to build plate normal, see Figure 41b). The resulting stress-strain 

curve is shown in Figure 41c and Figure 41d. At the 8-week time point, the scaffolds see a 

substantial decrease in mechanical properties, as shown by the significant change in 

stress-strain curve. It is also visually apparent that the scaffold disintegrated after only a 

slight compression. Up to the 4-week timepoint and prior to the 8-week time point, the 

scaffold recovered most of its initial shape after compressions of up to 60% strain. On the 

8-week stress-strain curve shown in Figure 41, the scaffolds collapsed at about 5-15% 

strain, as shown by the abrupt collapse from a peak stress reading. This observation 

occurred for both Z-axis and X-axis compressed scaffolds. The substantial decrease in 

properties at the 8-week time point is in line with the previous observation that PLCL’s 

molecular weight was around the limit of the its critical entanglement molecular weight 

at 8 weeks. A plot of the scaffold’s compression modulus over time is shown by Figure 

42. Compressive moduli of the scaffolds were about constant throughout the degradation 

time points. The initial samples differed in modulus because of the low crystallinity of the 

unannealed sample, but as the unannealed sample rapidly crystallizes the modulus of 

annealed and unannealed sample were equalizing by the 1-week time point. 
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Figure 41 a) Z-axis compression sample b) X-axis compression sample c) Monotonic 

compression test stress-strain curve for annealed Z-axis compression samples d) 

Monotonic compression test stress-strain curve for annealed X-axis compression 

samples. 
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Figure 42 Compressive modulus of annealed (C) and non-annealed (NC) samples a) X-

axis compression samples b) Z-axis compression samples 

 

Scanning electron micrograph  

Scanning electron micrographs of annealed non-degraded and annealed 16-week 

degraded samples were taken for comparison and is shown in Figure 43. To the naked eye 

the degraded samples appear to be whiter and more opaque, as shown in Figure 44, but 

there are no other visually discernable differences. The scaffolds maintained its macro 

dimension even though mass loss was significant at 28 weeks, indicating a bulk 

degradation mode. However, on the micrograph, it was revealed that degraded samples 

exhibit a significant number of cracks and defects all around the surface area of each strut 
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defects. The cracks are very narrow with a length of roughly 20-60 μm. These cracks 

partially explain the highly brittle nature of the degraded polymers starting at the 8-week 

time point. Interestingly, beyond these cracks, no other significant changes were 

observed. In addition, it can be seen in the micrograph that the 3D-printed scaffolds of the 

different PLCL ratios show different features. PLCL6040 junctions appear to clump more 

compared to PLCL7030. This discrepancy alludes to differences in the viscosity profile 

and/or surface energies of the polymer’s molten state, which affects the 3D-printing 

process. 

Combined with thermal property evaluation, we conclude that the annealing 

process does not change the degradation profile of PLCL significantly. The thermal 

property changes show that non-annealed PLCL shifts to a supramolecular arrangement 

that is similar to annealed samples in a relatively short amount of time. Both groups result 

in PLCL having the same crystallization state early in the degradation process. This points 

to a need to stabilize the property of PLCL via annealing in order to accurately represent 

its properties post-implantation if it is intended to be used as an implant. This contrasts 

to other polymers such as PLLA which degradation profile can be tuned to an extent by 

inducing crystallization via annealing or other processes. Mass loss, molecular weight 

loss, and mechanical properties corroborates this assertion by showing that no significant 

difference was observed between annealed and non-annealed sample.  
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Figure 43 Scanning electron micrograph of pristine sample and 16-week degraded 

sample a) PLCL6040 b) PLCL7030 



 

114 

 

Figure 44 Pristine samples showing a shift to a whiter and more opaque color as it 

degrades a) PLCL7030 b) PLCL6040. 

 

4.4 Conclusion 

In this study we have evaluated the effect of annealing and degradation on the 

properties of 3D-printed PLCL of 2 differing ratios. The initially printed samples were 

found to be almost completely amorphous. The subsequent aging and annealing process 

results in a significant change in physical properties, inducing substantial crystallization 

of the initially amorphous as-printed PLCL. Crystallization induced by annealing at 50°C 

were shown to stabilize after about 2 days for both ratios. At room temperature, the 3D-

printed scaffolds required 5 weeks to achieve a similar level of crystallization. XRD and 

DSC data indicates that the lactide portion contributes most of the crystallization. 
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Crystallized PLCL was shown to be much stiffer than its amorphous counterpart, 

potentially impacting its performance when used in applications such as medical 

implants. The crystallization process also improves PLCL handleability significantly by 

reducing its tackiness. Annealed and non-annealed 3D printed PLCL scaffolds were 

observed to possess a very similar degradation profile, likely due to the rapid 

crystallization that occurred in the non-annealed sample as the scaffolds are exposed to 

the degradation media. This observation emphasizes the importance of taking into 

account crystallization-induced changes in PLCL properties during the design process of 

an implant. Molecular weight loss was observed to decrease to a critical entanglement 

molecular weight at 8-weeks with all other properties showing a significant change 

following that. Both the degraded annealed and non-annealed scaffolds crystallized 

rapidly and to a much greater extent compared to air annealed samples, showing a 

constant increase in crystallinity over the course of 28 weeks. Mechanical property 

evaluation revealed a significant increase in brittleness at 8 weeks and by 16 weeks the 

scaffolds were too difficult to handle for mechanical testing. 

Potential limitations of this study include the use of PBS as a degradation media. PLCL 

could be subject to nucleophilic attack210 and enzymatic degradation204 when exposed to 

the body’s biological environment if used as a medical implant. The absence of any 

mechanical stimulus during degradation is another limitation. We observed significant 

brittleness of the degraded samples starting from week 8, indicating that in an 
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environment where sufficient mechanical stimulus exists, the scaffold could have eroded 

into debris at a much earlier time point. Although pH was controlled periodically, 

autocatalytic action from the PLCL’s acidic degradation product could contribute to a 

faster degradation than what is observed in an environment with adequate fluid flow. It 

is also important to note that the rate of hydrolytic degradation is known to be highly 

dependent on a large number of factors, including but not limited to molecular weight 

distribution, size and shape of object, porosity, and crystallinity. Although the high 

porosity of the scaffold enables water diffusion and could mitigate size effect to an extent, 

it is important to test objects in a similar setup to its intended use. 
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5. Conclusions and future work 

The overarching scientific objective of this dissertation is to provide insight on the 

properties of elastomeric polymers 3D-printed via fused deposition modelling (FFF). The 

motivation behind this study is to contribute to the biomedical use of compliant, 

elastomeric polymers, particularly in soft tissue implants. Elastomeric polymers improve 

performance in soft tissue applications via compliance matching. Combined with the 

unique advantages of the 3D-printing process, such as the capability to create complex 

structures, many innovative medical implants can be anticipated. However, current 

literature on 3D-printing of elastomeric polymers and their mechanical properties is still 

limited. Some areas of study are especially sparse, such as fatigue properties of 

elastomeric 3D-printed architected structures and processing-structure-property of 3D-

printed bioresorbable polymers. Therefore, we look to shed light on these topics by 

studying these two polymers for each of our two specific aims: 1) polycarbonate-urethane 

(PCU), a non-biodegradable elastomer, and 2) poly-l-lactide-co-ε-caprolactone (PLCL), a 

resorbable elastomer.  

For our first aim, we sought to study the mechanical behavior of a 3D-printed PCU 

membrane under cyclic loading. The architectures that are created by 3D-printing often 

result in a complex mechanical behavior, especially for structures that are fabricated using 

elastomeric polymers such as PCU. In this aim, the mechanical properties of bulk PCU of 

different grades were first characterized, followed by a comprehensive dimensional and 
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mechanical characterization of 3D-printed PCU membranes of two different pore shapes, 

square and bowtie. In addition to the PCU membranes, a PCU-PETG laminate membrane 

were also studied.  

Important observations of the first aim were as follows: 

• There is a strong dependence of bulk 3D-printed PCU properties to the testing 

environment. In addition, test results show smaller impact from difference in print 

raster angle for softer PCU, indicating higher defect tolerance.  

• Both square and bowtie PCU membrane exhibit an undesirable pore collapse 

under 45° loading direction, showing a need for improved pore design. 

• Mechanical behavior of membranes under monotonic tensile loading are strongly 

impacted by PCU grade, membrane shape, and load orientation. Stiffness and 

failure load are parameters that are most impacted. The membranes were found 

to be anisotropic due to printing artifacts. 

• Fatigue performance in absolute load terms largely follows the order of monotonic 

tensile failure load. PCU grade, membrane shape, and load orientation were found 

to strongly impact fatigue behavior. Generally, stretch dominated membranes 

have better fatigue behavior in absolute terms and bending dominated 

membranes have better fatigue behavior in normalized terms. Fatigue behavior of 

Square-95A membranes is comparable to commercial polypropylene mesh in 

absolute load terms. 
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• PCU membranes were observed to ratchet significantly under cyclic loading. 

Intermittent cyclic loading was observed to materially affect fatigue resistance. 

Overall, we can conclude that PCU membranes exhibit potential as a load bearing 

implant for prolapse repair, showing comparable fatigue performance in absolute terms 

to a commercial polypropylene mesh. However, significant ratcheting was observed for 

PCU membranes under cyclic loading which is detrimental to performance as a prolapse 

repair device. Loading conditions were found to be important to the membrane’s fatigue 

behavior, suggesting a strong need for future fatigue tests to be performed with a load 

profile that is similar to one encountered physiologically during implantation, i.e., in 

terms of load level, profile, environment, etc. We anticipate the current work to assist in 

serving as a template for evaluating future potential prolapse meshes. 

In the second aim, we sought to study the structure-property relationship of 3D-

printed PLCL scaffolds. Although polymer morphology is known to impact the 

degradation of bioresorbable polymers, there is a dearth of studies on the impact the 3D-

printing process play on morphology and by extension, on degradation properties. In this 

aim, the impact of 3D-printing and annealing processes toward PLCL morphology is first 

evaluated. Then, the hydrolytic degradation profile of both annealed and unannealed 3D-

printed PLCL scaffolds is studied. The results show that printed samples were initially 

fully amorphous. Subsequent aging and annealing process induced significant change in 

morphology and in turn physical properties, such as mechanical behavior. Crystallized 
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PLCL was found to be much stiffer than its amorphous counterpart. However, 

degradation behavior was largely unaffected by the high crystallinity, likely due to the 

rapid crystallization that occurred in the non-annealed sample as the scaffolds are 

immersed in the degradation media. Molecular weight loss decreased immediately after 

immersion, decreasing to a critical entanglement molecular weight at 8-weeks, at which 

point all other properties degrade precipitously. All samples were found to crystallize 

rapidly and continuously during degradation. This work provides insight on the effect 

and importance of 3D-printing towards PLCL degradation. We anticipate this work to 

highlight the importance of considering how 3D-printing processing impacts morphology 

and further improve future applications of PLCL in 3D-printed bioresorbable implants. 

While Aim 1 has shown the potential of a PCU membrane for potential use in 

prolapse repair applications, there are questions that remain unanswered and merit 

further studies. For example, intermittent and static loading studies have shown great 

dependence of PCU membrane’s fatigue behavior to loading patterns. It is also apparent 

that in vivo, an implant will undergo highly irregular loading patterns. Hence, accurate 

insight into in vivo performance will require a more sophisticated understanding of how 

these loading patterns may influence fatigue of mesh implants, for example from studies 

into more complicated loading patterns. Currently available data is not sufficient to 

extrapolate into in vivo performance and should only be used as a tool for comparing 

different implant designs. In addition to this, the current test ignores the effect of the in 
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vivo environment towards PCU. Although PCU is often thought to be much less affected 

by degradation compared to some PU varieties, past studies have shown that oxidation 

and prolonged immersion in aqueous environment may have appreciable impact on PCU. 

Testing using a more sophisticated load setup could also be beneficial. Use of ball burst 

test and biaxial testing could provide an additional perspective on mesh performance. In 

addition, use of a suture grip to hold onto test samples as opposed to a clamp type grip 

used in this work will enable improved in vitro evaluation. Suture locations can be 

thought of as stress concentration points, which is likely to worsen fatigue performance. 

Future work on an improved mesh also has much potential. For example, an improved 

mesh design could involve the use of designer pores, wherein pore shape and orientation 

are dependent upon the expected load that will be encountered during implantation. The 

3D-printing process suits this approach well as it allows many different designs to be 

fabricated relatively easily. Use of composite meshes such as the laminate membrane 

shown in this work could also be used to achieve certain desirable properties, such as 

creep resistance and tunable structural compliance. Beyond membrane design, it is also 

beneficial to have a deeper understanding of the relationship between 3D-printing process 

parameters and membrane quality. A thorough scan of printing parameters (e.g., nozzle 

temperature) and optimized print pathing could further improve membrane quality. 

Aim 2 has given us much insight on the effect of 3D-printing on PLCL degradation. 

However, there are some aspects that warrant further studies. In this work, the 
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degradation media is composed of only PBS, while in vivo PLCL will encounter other 

substances that could affect degradation such as enzymes, which has been shown to 

strongly affect PCL degradation. The degradation process was also done in static 

conditions without any mechanical stimuli. Studies into degradation behavior of PLCL 

under mechanical stimuli, be it static or dynamic loading, will be valuable since implants 

highly unlikely to be completely static throughout its lifetime in vivo. In terms of testing 

conditions, it is also of interest to see how different geometries such as solid samples of 

various sizes behave compared to the porous scaffolds tested here. Similarly, elucidating 

water diffusion rate into the scaffolds to infer behavior of more solid or larger samples 

would also be beneficial. In terms of characterization, a more thorough study into 

differences sample morphology will be useful. The annealing process were shown via 

thermal analysis to settle into a different metastable state compared to the aged samples 

and may impact the type and arrangement of crystals in the samples. This in turn could 

impact its biocompatibility since crystalline residues often play an important role in the 

biocompatibility of a resorbable polymer (e.g., in PLA). 

 In conclusion, there are several key results from the studies presented in this work. 

We first demonstrated the potential of PCU membranes for use in prolapse mesh 

application by evaluating their mechanical properties, particularly their fatigue behavior. 

Then, we demonstrated the structure-property relationship of 3D-printed PLCL scaffolds, 

with a focus on their degradation behavior. Although there are still areas left from the 
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current work that warrant further studies, the results shown here contribute well to 

further development of elastomeric 3D-printed biomedical implant devices. 
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