
	
	

Impact of Electrospun Conduit Composition and Peritoneal Pre-conditioning on 

Patency and Remodeling of Tissue Engineered Vascular Grafts 

 

by 

Mozhgan Shojaee 

A dissertation submitted to the College of Engineering at 
Florida Institute of Technology 

in partial fulfillment of the requirements  
for the degree of 

Doctor of Philosophy 
in 

Biomedical Engineering 

Melbourne, Florida 
October, 2017



	
	

We the undersigned committee hereby approve the attached thesis, “Impact of 
Electrospun Conduit Composition and Peritoneal Pre-conditioning on Patency and 

Remodeling of Tissue Engineered Vascular Grafts” by Mozhgan Shojaee. 

 

______________________    ________________________ 

Chris Bashur, Ph.D.     Lisa Moore, Ph.D. 
Assistant Professor     Research Professor, 
Biomedical Engineering    Biological Sciences 
     

 

 

 

______________________    ________________________ 

Vipuil Kishore, Ph.D.     Alessandra Carriero, Ph.D. 
Assistant Professor     Assistant Professor 
Chemical Engineering     Biomedical Engineering 
     

 

_________________________ 
  Ted Conway, Ph.D. 
  Professor and Department Head  

Biomedical Engineering



iii	
	

Abstract 

 
 

Title 
Impact of Electrospun Conduit Composition and Peritoneal Pre-

conditioning on Patency and Remodeling of Tissue Engineered Vascular Grafts 
 

Author 
Mozhgan Shojaee 

 
 

Principal Advisor 
Chris A. Bashur PhD 

 
 
 

Overall goal of this project was to develop a tissue engineered vascular graft 

by implanting an electrospun tubular conduit into the peritoneal cavity to recruit 

autologous cells to it and provide the cells with the components of the physiological 

environment prior to grafting the conduit into the artery. This was accomplished 

through three complimentary studies: finding the best ratio of poly(ε-caprolactone) 

(PCL) and collagen that improves inflammatory response within the peritoneal 

cavity; determining the effect of peritoneal pre-implantation and the amount of 

incorporated collagen on graft functionality; and reducing the potential side effect of 

peritoneal adhesion formation. In the first study, scaffold composition was 

systematically varied to determine the best collagen/PCL ratio that limits pro-

inflammatory species production inside the peritoneal cavity, modulates cells 

phenotype, and maintains conduit mechanical integrity after 4 weeks of implantation 

inside the peritoneal cavity. It was found that adding collagen to the PCL conduits 
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reduced the accumulation of oxidized lipid species. In addition, the ratio of collagen 

had a significant impact on the recruited cell phenotype and construct mechanics and 

it was shown that the conduit mechanical and biological response does not follow a 

linear trend with percent incorporated collagen. In the second study, conduits of 

different ratios of PCL and collagen with and without peritoneal pre-implantation 

were grafted into the abdominal artery of rats to determine graft remodeling and 

endothelialization in the arterial microenvironment. Peritoneal pre-implantation 

reduced overall lipid oxidation, intimal layer thickness, and expression of an M1 

macrophage marker. Moreover, while increasing the collagen content reduced the 

expression of macrophage markers, it increased the thickness of intimal layer as well. 

In addition, interaction of these conduits with blood was studied in vitro in a 

preliminary study and it was found that none of the conditions caused hemolysis and 

peritoneal pre-implantation reduced the platelet adhesion to the conduits. In the third 

study, a new pouch composed of PEGDA hydrogel was designed to reduce formation 

of peritoneal adhesions and address the potential concern using this strategy. Overall, 

these results demonstrated the beneficial effects that blending natural and synthetic 

polymers and peritoneal pre-conditioning can provide for tissue engineered vascular 

grafts. This includes reducing the expression of inflammatory markers, accumulation 

of oxidized lipids, and thickness of intimal hyperplasia.  Future work will involve 

rigorous characterization of PEGDA pouches and a detailed characterization of the 

biomaterial mechanism for response from the different blends of electrospun 

collagen/PCL. 



v	
	

Table of Contents 
 

Chapter 1: Introduction .............................................................................................. 1	

1.1  Introduction ..................................................................................................... 1	

1.2  Surgical Options for Coronary Artery Disease Repair ................................... 2	

1.3  Coronary Arteries Native Structure ................................................................ 3	

1.4  Tissue Engineering .......................................................................................... 5	

1.4.1  Scaffold .................................................................................................... 6	

1.4.2  Cell ........................................................................................................... 6	

1.4.3  Bioreactor ................................................................................................. 7	

1.4.2.1  Traditional Bioreactors ..................................................................... 7	

1.4.2.2  In Vivo Bioreactors ........................................................................... 8	

1.5  Biomaterial Choice and Scaffold Fabrication ............................................... 10	

1.5.1  Synthetic Materials ................................................................................ 10	

1.5.2  Natural Materials ................................................................................... 12	

1.5.3  Blended Materials .................................................................................. 14	

1.5.4  Scaffold Fabrication Techniques ........................................................... 15	

1.5.4.1  Electrospinning ............................................................................... 16	

1.5.5  Effect of Processing Technique on Scaffold Properties ........................ 17	

1.5.6  Scaffold Characterization Techniques ....................................................... 19	

1.6  Interaction between Body and the Biomaterial ............................................. 21	



vi	
	

1.6.1  Host Response ........................................................................................ 22	

1.6.2 Peritoneal Specific Side-effects .............................................................. 24	

1.6.3  Lipid Oxidation after Grafting ............................................................... 26	

1.6.4  Intimal Hyperplasia ................................................................................ 27	

1.7  Causes of Graft Failure ................................................................................. 28	

1.8  Experimental Plan ......................................................................................... 29	

1.9  Materials within Appendices ........................................................................ 31	

Chapter 2: Collagen incorporation within electrospun conduits reduces lipid 

oxidation and impacts conduit mechanics ............................................................... 32	

Abstract ................................................................................................................ 32	

2.1  Introduction ................................................................................................... 33	

2.2  Materials and methods .................................................................................. 36	

2.2.1  Materials ................................................................................................ 36	

2.2.2  Electrospinning of conduits ................................................................... 36	

2.2.3  Conduit characterization ........................................................................ 37	

2.2.4  Conduit implantation into peritoneal cavities ........................................ 38	

2.2.5  Imaging .................................................................................................. 39	

2.2.5.1  Immunofluorescent imaging ........................................................... 39	

2.2.5.2  Histology ......................................................................................... 40	

2.2.6  Quantitative real-time PCR (qRT-PCR) analysis .................................. 40	

2.2.7  Lipid oxidation ....................................................................................... 42	



vii	
	

2.2.7.1  Sample preparation ......................................................................... 42	

2.2.7.2  Lipid extraction ............................................................................... 42	

2.2.7.3  LC/ESI/MS/MS .............................................................................. 43	

2.2.8  Mechanical testing ................................................................................. 43	

2.2.9  Statistics ................................................................................................. 44	

2.3  Results ........................................................................................................... 45	

2.3.1  Impact of varying collagen ratio on recruited peritoneal cells .............. 47	

2.3.2  Lipid oxidation analysis ......................................................................... 50	

2.3.3  Mechanical properties of conduits ......................................................... 53	

2.4  Discussion ..................................................................................................... 55	

2.5  Conclusions ................................................................................................... 62	

Chapter 3: Peritoneal pre-conditioning reduces inflammation in collagen-containing 

engineered vascular grafts ........................................................................................ 64	

Abstract ................................................................................................................ 64	

3.1. Introduction ................................................................................................... 65	

3.2. Materials and Methods .................................................................................. 69	

3.2.1 Materials ................................................................................................. 69	

3.2.2 Conduit Production and Characterization ............................................... 69	

3.2.2.1 Electrospinning ................................................................................ 69	

2.2.2 Conduit Characterization ........................................................................ 70	



viii	
	

3.2.3 Peritoneal Implantation ........................................................................... 71	

3.2.4 Aortic Grafting ........................................................................................ 72	

3.2.5 Ultrasound Imaging ................................................................................ 73	

3.2.6 Histology ................................................................................................. 73	

3.2.7 Lipid oxidation ........................................................................................ 74	

3.2.8 Polymerase chain reaction ...................................................................... 75	

3.2.9 Immunofluorescence Staining ................................................................ 76	

3.2.10 Statistics ................................................................................................ 77	

3.3. Results ........................................................................................................... 78	

3.3.1 Conduit characterization ......................................................................... 78	

3.3.2 Graft viability and percent expansion ..................................................... 84	

3.3.3 Analysis of graft intimal hyperplasia, lipid oxidation, and inflammatory 

response ............................................................................................................ 88	

3.3.4 Impact of pre-implantation and collagen ratio on recruited cells 

phenotype ......................................................................................................... 93	

3.4. Discussion ................................................................................................... 100	

3.5. Conclusions ................................................................................................. 108	

Chapter 4: Effect of Collagen incorporation and peritoneal conditioning on vascular 

graft hemocompatibility ......................................................................................... 110	

4.1  Introduction ................................................................................................. 110	

4.2  Methods and materials ................................................................................ 112	



ix	
	

4.2.1  Materials .............................................................................................. 112	

4.2.2  Electrospinning of conduits ................................................................. 112	

4.2.3  Conduit implantation into peritoneal cavities ...................................... 113	

4.2.4  Conduits hemocompatibility ................................................................ 113	

4.2.4.1  Platelet adhesion ........................................................................... 114	

4.2.4.2  Hemolysis ..................................................................................... 114	

4.2.5  Conduit Characterization ..................................................................... 114	

4.2.6  Statistics ............................................................................................... 115	

4.3  Results and Discussion ............................................................................... 115	

4.3.1  Electrospinning .................................................................................... 115	

4.3.2  Hemocompatibility .............................................................................. 116	

4.3.2.1  Platelet adhesion ........................................................................... 116	

4.3.2.2  Hemolysis ..................................................................................... 118	

4.3.3 Conduit characterization ....................................................................... 119	

4.4  Conclusion .................................................................................................. 120	

Chapter 5: Design and characterization of a novel pouches to minimize peritoneal 

adhesions with in vivo Bioreactor- based Vascular graft strategies ....................... 122	

5.1  Introduction ................................................................................................. 122	

5.2  Materials and Methods ................................................................................ 125	

5.2.1  Materials .............................................................................................. 125	



x	
		

5.2.2  PEGDA Hydrogels fabrication and characterization ........................... 125	

5.2.2.1  Mechanical testing of hydrogels ................................................... 125	

5.2.3  Peritoneal implantation ........................................................................ 126	

5.2.3.1  Pouch Fabrication ......................................................................... 126	

5.2.3.2  Implantation of PEGDA pouches in peritoneal cavity ................. 128	

5.2.3.3  Histology ....................................................................................... 128	

5.2.4  Aortic grafting ...................................................................................... 129	

5.2.4.1  Ultrasound Imaging ...................................................................... 129	

5.2.4.2  Immunofluorescent Staining (IF) .................................................. 129	

5.2.5  Statistics ............................................................................................... 130	

5.3  Results and Discussion ............................................................................... 131	

5.3.1  Hydrogels Characterization ................................................................. 131	

5.3.2  Peritoneal Implantation ........................................................................ 133	

5.3.2.1  Histology ....................................................................................... 134	

5.3.3  Aortal grafting ...................................................................................... 136	

5.3.3.1 Immunofluorescence staining ........................................................ 137	

5.4  Conclusion .................................................................................................. 139	

Chapter 6: Conclusion and Future work ................................................................ 141	

6.1  Conclusion .................................................................................................. 141	



xi	
	

6.2  Future Work ................................................................................................ 144	

6.2.1  Detailed characterization of the PEGDA pouch .................................. 144	

6.2.2  Detailed characterization of the biomaterial properties ....................... 146	

6.3  Conclusion .................................................................................................. 147	

References .......................................................................................................... 149	

Appendix A: Compositions Including Synthetic and Natural Blends for Integration 

and Structural Integrity: Engineered for Different Vascular Graft Applications .. 179	

Abstract .............................................................................................................. 179	

A.1  Introduction ................................................................................................ 180	

A.2  Particular Challenges that Scaffolds Must Address ................................... 181	

A.2.1  Direct Measures of Graft Viability ..................................................... 183	

A.2.2  Important Causes of Graft Occlusion .................................................. 187	

A.2.3  Important Considerations for Aneurysmal-like Dilation or Graft 

Rupture ........................................................................................................... 190	

A.2.4  Important Considerations for Remodeling, and Integration ............... 192	

A.2.5  Other Considerations ........................................................................... 194	

A.3  Materials Used for Vascular Tissue-Engineering ...................................... 194	

A.3.1  Naturally Derived Materials ................................................................ 195	

A.3.1.1  Purified Components .................................................................... 197	

A.3.1.2  ECM-Based Scaffolds .................................................................. 200	



xii	
	

A.3.2  Synthetic Scaffolds ............................................................................. 208	

A.3.3  Blended Materials ............................................................................... 212	

A.3.3.1  Impact of Processing Techniques on Material Properties ............ 215	

A.4  Benchmarks for Graft Viability ................................................................. 219	

A.5  Conclusion and Outlook ............................................................................. 223	

 

  



xiii	
	

List of Figures 

Figure 1.1 Native artery structure with the three different layers ............................. 4	

Figure 1.2 Diagram of an electrospinning system. ................................................. 17	

Figure 1.3 Classical model for host response to biomaterials. Adapted from Robbins 

Basic Pathology [197]. ............................................................................................. 23	

Figure 2.1 Electrospun conduits were produced at different collagen ratios in a 

synthetic polymer, PCL. Shown are SEM images for 0 (A), 10 (B) and 25% w/w (C) 

collagen/PCL conduits. XPS spectra showing the representative area for carbon (D) 

and nitrogen (E) peaks for 0%, 10%, and 25% collagen/PCL blend conditions. .... 46	

Figure 2.2 Effect of hydration for 3 d on electrospun fiber organization. Shown are 

SEM images for 0% collagen (A) before and (B) after hydration, as well as 10% 

collagen (C) before and (D) after hydration. ........................................................... 46	

Figure 2.3 Effect of incorporating collagen on recruited peritoneal cell infiltration 

within the conduits and ECM composition. Representative H&E stained images are 

shown for 0 (A) and 10 (B), and 25% w/w (C) collagen/PCL. Cell nuclei are stained 

purple and cell cytoplasm and ECM are stained pink. Outer surface of the conduits 

is seen on the right side. ........................................................................................... 47 

 

 



xiv	
	

Figure 2.4 Effect of incorporating collagen on recruited cell phenotype after 4 weeks 

of intraperitoneal implantation. Quantitative gene expression profiles for cells 

recruited onto the conduits. Shown are contractile markers (Acta2 and Cnn1)  (A), 

markers for cell proliferation and inflammation (Thbs2) and osteopontin (Spp1) (B), 

and macrophage markers (Cd68 and Cd80) (C). These are shown for 0, 10, and 25% 

w/w collagen/PCL blend conduits.  (*) significance from 25% collagen condition.

.................................................................................................................................. 49	

Figure 2.5 Representative immunofluorescence images for contractile markers (α-

smooth muscle actin and calponin), and a marker for cell proliferation 

(thrombospondin) for 0%, 10%, and 25% w/w collagen/PCL blend conduits. Nuclei 

are stained with DAPI and shown in blue. The outer surface of the conduits is on the 

right side. .................................................................................................................. 50	

Figure 2.6 Lipid oxidation chromatographs and results for oxidation products of AA 

((A) and (C)) and LA ((B) and (D)) for 0, 10, and 25 w/w collagen/PCL blend 

conduits. The oxidized species are normalized to the native species. The sum of 

several HETE and HODE species for 0, 10, and 25% w/w collagen/PCL blend 

conduits are also shown (E). (*) significance from pure PCL condition. ................ 52 

 

 

 



xv	
	

Figure 2.7 Effect of varying collagen composition on construct mechanics after 4 

weeks of intraperitoneal implantation. Shown are representative stress–strain curves 

for conduits, both pre- (A) and post-implantation (B). Also shown are tensile moduli 

(C), UTS (D), and yield strain (E) of conduits for all compositions, pre- and post-

implantation. Significance from (*) after peritoneal implantation, (#) 10% collagen 

implanted condition, and (&) pure PCL non-implanted condition. ......................... 54	

Figure. 3.1. Analysis of conduits before and after peritoneal implantation. 

Representative electrospun PCL conduit with closed ends (A). H&E images of 

constructs electrospun from 0%, 10%, and 25% collagen/PCL (w/w) and implanted 

in the peritoneal cavity for 4 weeks (B). For these cross-sections, the lumens of the 

grafts are at the top. Quantitative gene expression profiles for cells recruited to the 

conduits in the peritoneal cavity (C). Shown are Acta2 (a contractile marker) and Eln 

(an ECM structural protein). (*) Significance from the 25% collagen condition. ... 80	

Supplementary Figure 3.1. SEM images of electrospun conduits produced from 

different ratios of collagen/PCL both prior to (A) and after (B) peritoneal 

implantation for 4 weeks.  Two images are shown for samples after peritoneal 

implantation to demonstrate variability between different spots.  Quantitative gene 

expression profiles are shown for cells recruited to the conduits in the peritoneal 

cavity for Cd68 (a macrophage marker) and Col1a1 (an ECM structural protein) (C).

.................................................................................................................................. 81	



xvi	
	

Supplementary Figure 3.2. Representative immunofluorescence images 4 weeks 

after peritoneal implantation for a contractile marker (α-SMA) (A), an M1 

macrophage marker (CD80) (B), and endothelial cell markers vWF (C) and CD31 

(D). Nuclei are stained with DAPI (blue). The green channel is autofluorescence with 

increased brightness and contrast to visualize the scaffold position. The graft lumen 

is on the right side .................................................................................................... 83	

Supplementary Figure 3.3. Representative immunofluorescence images 4 weeks 

after peritoneal pre-implantation for ECM protein markers collagen (A) and elastin 

(B). Nuclei are stained with DAPI (blue). The green channel is autofluorescence with 

increased brightness and contrast to visualize the scaffold position. The graft lumen 

is on the right side. ................................................................................................... 84 

 

 

 

 

 

 

 

 

 



xvii	
	

Figure 3.2. Grafting and ultrasound analysis for conduits. Image of a 

representative 10% collagen graft with peritoneal pre-implantation after grafting in 

a rat aorta (A). Ultrasound B-mode, Pulsed-wave Doppler, and color Doppler images 

of the 10% collagen condition (B). The ends of the graft are noted with arrows. 

Ultrasound M-mode image, graft diameter normalized to the diameter of surrounding 

vessels, and graft percent expansion with the cardiac cycle (C). The same graft is 

shown for subfigures A-C. The spot chosen in (C) represents the surrounding artery. 

Percent expansion is shown for individual conditions and the native surrounding 

artery. The data was also combined to show the effect of time and composition. (*) 

Statistical difference from 25% collagen without peritoneal pre-implantation at 2 

weeks post-grafting. (#) Statistical difference from 25% collagen with peritoneal pre-

implantation at 2 weeks post-grafting. ($) Statistical difference from 6 weeks. (@) 

Statistical difference from 0% collagen. .................................................................. 87	

Supplementary Figure 3.4. Graft diameter from ultrasound images without 

normalizing to the diameter of surrounding vessels. ............................................... 88 

 

 

 

 

 



xviii	
	

Figure 3.3. Graft intimal hyperplasia. H&E stained images of grafts composed of 

0%, 10%, and 25% collagen without and with peritoneal pre-implantation prior to 

grafting into the aorta (A). Shown are cross-sections near the mid-graft. The lumen 

of the grafts are at the top. Quantified intimal hyperplasia thickness measured from 

H&E images for without and with pre-implantation with groups combined to 

demonstrate the effect of collagen incorporation (B) and with individual conditions 

(C).  (#) Statistical difference from 25% collagen group. (*) Statistical difference 

from 25% with peritoneal pre-implantation. ............................................................ 90	

Figure 3.4. Lipid oxidation and PCR analysis for grafts. Lipid oxidation results 

for the grafts (A). Shown are grafts with peritoneal pre-implantation vs. the ones 

without pre-implantation prior to grafting into the aorta for different oxidized lipid 

species. Quantitative gene expression profiles of different markers for the effect of 

pre-implantation (B). Gene expression profiles for the macrophage marker Cd68 for 

with and without implantation combined for each composition and for individual 

conditions (C). Gene expression profiles for contractile markers (Acta2) and (Mhy11) 

and markers for ECM structural proteins (Col1a1 and Eln). (*) significance from 

without pre-implantation. ($) significance from 25% collagen group. (#) Statistical 

difference from 10% collagen group with pre-implantation. ................................... 92	

Supplementary Figure 3.5. Detailed lipid oxidation results for individual graft 

conditions. Representative oxidized lipid species are shown. ................................. 93	



xix	
	

Figure 3.5. Immunofluorescence staining of grafts and controls. Representative 

immunofluorescence images 6 weeks after grafting for a contractile marker (α-SMA) 

(A) and an M1 macrophage marker (CD80) (B). Arrows point to representative cells 

expressing CD80. Nuclei are stained with DAPI (blue). The green channel is 

autofluorescence with increased brightness and contrast to visualize the scaffold 

position. The graft lumen is on the right side. ......................................................... 97	

Figure 3.6. Endothelial cell marker staining for grafts and controls. 

Representative immunofluorescence images 6 weeks after grafting for vWF (A) and 

CD31 (B). Arrows show where representative cells in grafts and native aortae stained 

for vWF and CD31. Nuclei are stained with DAPI (blue). The green channel is 

autofluorescence with increased brightness and contrast to visualize the scaffold 

position. The graft lumen is on the right side. ......................................................... 98	

Figure 3.7. ECM component staining of grafts and controls. Representative 

immunofluorescence images 6 weeks after grafting for collagen (A) and elastin (B). 

Images for aorta were adjusted with a lower levels of brightness and contrasts for the 

red channel to avoid overexposure. Nuclei are stained with DAPI (blue). The green 

channel is autofluorescence with increased brightness and contrast to visualize the 

scaffold position. The graft lumen is on the right side. ........................................... 99	

Figure 4.1 Electrospun conduits were produced at different collagen ratios in a 

synthetic polymer, PCL. Shown are SEM images for 0 (A), 10 (B) and 25% w/w (C) 

collagen/PCL conduits. .......................................................................................... 116	



xx	
		

Figure 4.2 SEM image of rat platelet rich plasma incubated on 90 w/w collagen/PCL 

blend conduits with (A) and without (B) peritoneal implantation and glass (C). 

Arrows show adhered platelets. ............................................................................. 117	

Figure 4.3 Hemolysis of red blood cells after incubation of whole blood with blend 

conduits with and without peritoneal implantation. ............................................... 118	

Figure 4.4 Distribution of nitrogen on EDS spectra for the three conditions (A), and 

the EDS spectra showing the representative area for nitrogen (380-420 eV) peaks (B) 

for 0%, 10%, and 25% collagen /PCL blend conditions. All spectra were normalized 

to their respective carbon peaks. ............................................................................ 120	

Figure 5.1 Schematic of PEG pouch production. The pouch is produced using PDMS 

molds and conduits are placed in. The pouch is then closed with more PEG. ...... 127	

Figure 5.2 Mechanical characterization of PEGDA hydrogels. Shown are 

representative stress-strain curves (A), percent compression at break (B), ultimate 

compressive stress (C), and tangential moduli for different PEGDA concentrations. 

Significance from (*) 10% PEGDA hydrogen at 30% strain, (#) 15% PEGDA 

hydrogel at 30% strain, ($) 20% PEGDA hydrogel at 20% strain, and (@) 20% 

PEGDA hydrogel at 10% strain, (**) 20% PEGDA hydrogel at similar strain rate, 

(##) 15% PEGDA hydrogel at similar strain rate . ................................................ 132	

Figure 5.3 Representative PEGDA pouch with enclosed conduits ....................... 134	

Figure 5.4 Implantation in the peritoneal cavity and formed adhesions for the PTFE 

pouch (A), PEGDA pouch (B), and PEGDA strip without pores (C). .................. 134	



xxi	
	

Figure 5.5 H&E staining of sections of conduits from PEGDA pouch with 3 

pores/cm2 (A) and 10 pores/cm2 (B). ..................................................................... 135	

Figure 5.6 H&E stained cross-section of PTFE pouch (A) and PEGDA pouch (B). 

The arrow shows PTFE. No PEGDA hydrogel can be observed after grafting. ... 136	

Figure 5.7 Image of a conduit from the PEGDA pouch grafted in a rat aorta ...... 137	

Figure 5.8 Ultrasound analysis for the grafted PCL conduit from the PEGDA pouch 

4 months after grafting. Shown are B-mode (A), color Doppler (B), Pulsed-wave 

Doppler (C), and M-mode (D). The ends of the graft are noted with arrows. ....... 138	

Figure 5.9 Immunofluorescence staining of PCL graft 4 months post grafting for 

endothelial cell markers vWF (A) and CD31 (B). Nuclei are stained with DAPI 

(blue). The green channel is increased autofluorescence to visualize the scaffold 

position. The luminal surface of the conduit is on the left side. ............................ 139	

Figure A.1 Schematic illustrating different processing techniques for generating 

TEVGs and the types of ECM components expected at the time of grafting. These 

techniques include seeding natural or synthetic scaffold with cells prior to 

implantation (A), decellularizing native vessels (B), and ECM based scaffolds where 

the majority of the original scaffold has degraded (C). ......................................... 201 

 

 



xxii	
	

Figure A.2 Two of the ECM-based TEVGs currently in clinical trials developed by 

Dr. Niklason (A and B) and Dr. L'Heureux (C and D) and colleagues. One component 

of the decellularized TEVG is collagen type I deposited and organized in culture 

prior to grafting (arrows are pointing to areas of staining positive) (A). A TEVG 

explanted after 6 months in a baboon model demonstrates good structure (a: 

adventitial-like layer formed after implantation and g: graft) (B). The other strategy 

includes two layers prior to grafting: a decellularized internal membrane (IM) and 

the living layer (LL) with cells as demonstrated with an H&E stained cross-section 

(C). An 8 week explant of this TEVG from a non-human primates model is shown 

(arrow indicates suture line) (D). (A) and (B) reproduced with permission[126]. 

Copyright 2011, AAAS. (C) and (D) reproduced permission [46] Copyright 2006, 

Macmillan Publisher Ltd. ....................................................................................... 203 

 

 

 

 

 

 

 

 



xxiii	
	

Figure A.3 Impact of processing techniques on material properties. Atomic force 

microscopy (AFM) data showing that the surface roughness of PLLA increases with 

increasing crystallinity (A). The corresponding cell density results from fluorescent 

microscopy (DAPI) are shown (B). Crossed-polar optical micrographs of 

PLGA/PCL for different polymer ratio and annealing temperature show phase 

separation (C). The white areas are crystalline PCL and dark areas are primarily 

amorphous PLGA. Three dimensional AFM image showing the height difference 

between the two polymer domains and the average height difference between 

polymers for different polymer ratios and annealing temperature. (A) and (B) 

Reproduced with permission [111]. Copyright 2004, Elsevier. (C) and (D) 

Reproduced with permission [118] Copyright 2005, Elsevier. .............................. 216	

Figure A.4 Effect of blending on electrospun polymers. A single semicrystalline 

polymer is shown (A); a blend of semicrystalline polymer with an amorphous 

polymer showing that the crystallinity decreased (B); and blends of 2 semicrystalline 

polymer demonstrating that crystallinity varies with the ratio of the components (C)

................................................................................................................................ 218	

 

  



xxiv	
	

Attribution 

Chris A. Bashur – Ph.D. (Department of Biomedical Engineering/ Florida Institute of 

Technology) is the primary Advisor and Committee Chair. He provided extensive 

guidance for the research planning and execution in addition to comments and 

suggestions for writing.  

James R. Brenner – Ph.D. (Department of Chemical Engineering/ Florida Institute 

of Technology) provided the electrospinning equipment.  

Lisa K. Moore – Ph.D. (Department of Biological sciences/ Florida Institute of 

Technology) provided support and comments on immunofluorescence staining for 

aortal grafts (Chapter 3). 

Karamveer Birthare – M.S. was a master student who collaborated equally for the 

peritoneal implantation study (Chapter 3). He trained me for performing mechanical 

testing and immunofluorescence staining and imaging. He performed most of peritoneal 

surgeries, immunofluorescence and histology staining for that study. He also helped with 

performing the mechanical testing. 

Kranthi Vuppuluri – M.S. was the primary graduate student working on the PEGDA 

pouch study (Chapter 5). This Chapter has been re-written from her thesis. She 

fabricated the PEGDA pouches, performed histology staining of the pouches and the 

enclosed constructs, and conducted compression testing on PEGDA hydrogels. She 

also assisted during some of the grafting surgeries.  



xxv	
	

Kristin B. Wood – B.S. was an undergraduate student that assisted me during grafting 

surgeries. She also performed quantitative analysis of the intimal layer for the grafts. 

Carlos Gross. Jones – B.S. developed the controls and the electrical system for the 

electrospinning setup. 

  



xxvi	
	

Acknowledgements 

I would like to express my deepest gratitude to my adviser Dr. Chris Bashur for his 

constant guidance and caring. I have been extremely fortunate to have you as my 

mentor. Thank you for all the time you spent teaching me the importance of critical 

thinking and how to be passionate with the research and stay motivated when I got 

disappointed. Thank you for all the opportunities you provided me with. 

I would like to thank my family for their endless and unconditional love and support. 

Thank you mom for dealing with me being worlds away, thank you for always 

believing in me and thank you for sending me all the delicious food and snacks from 

home. Thank you Sina for bearing with me being always busy with the lab. Thank 

you for always being there for me. This would have not been possible without your 

support. 

Special thanks to Karen Hart and Tatiana Karpova for making me feel like having a 

family here although I was thousands of miles away from home. 

I would like to thank my partner in crimes Neda Parchami for being such an amazing 

friend. Florida would have been very lonely if you were not here. 

I would also like to thank all my past and present friends and labmates at Florida 

Tech that made this journey more pleasant and memorable for me. 

  



xxvii	
	

 
 
 
 
 
 
 
 

Dedicated to the memory of my father. 
  



1	
	

Chapter 1: Introduction 

1.1  Introduction  

The overall goal of this project is to generate a tissue engineered approach to 

develop a small diameter vascular graft with autologous cells recruited from the 

patient’s own body. Tissue engineering has been researched as an alternative for this 

current surgical options for patients with coronary artery disease. However, there are 

still some limitations that need to be addressed before this approach can find its way 

to clinical use as a small diameter vessel replacement [1]. The vascular tissue 

engineering strategy used in this project involves implanting an acellular conduits 

composed of blends of collagen and a synthetic polymer in the patient peritoneal 

cavity. While peritoneal cavity has been used before to generate vascular grafts, other 

groups have not include a porous scaffold in their strategy. These studies are also 

different from the previous work within our group in that we are looking at a range 

of collagen percentages and we found that this is an important parameter. Moreover, 

this is the first time that we perform a detailed characterization study of performance 

of these peritoneal conduits in the arterial microenvironment, compare the results 

with ready to use off the shelf grafts, and try to address the potential side effect of 

peritoneal adhesion formation. The motivation, clinical need, and challenges of 

vascular grafts are described throughout this section. 
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1.2  Surgical Options for Coronary Artery Disease Repair  

More than 500,000 bypass surgeries are performed annually in the United 

States [2]. Based on the severity of the occlusion, various treatment options can be 

performed. One treatment option is balloon angioplasty in which a balloon is used to 

expand the blocked artery. A stent can also be used along with the balloon to keep 

the vessel open [3]. When the occlusion is in more than one place, or if it is severe, 

the recommended treatment will be bypass grafting. 

Bypass grafting usually involves more than one graft for multiple target sites, 

and there are three options that can be used for this purpose including autologous, 

allogenic, and synthetic grafts. An autologous graft, using a section of artery or vein 

from a patient is currently the gold standard, and most frequently is obtained from 

the patient’s internal mammary or radial arteries or the saphenous vein. The internal 

mammary artery and radial artery are the closest approximation to the ideal graft. It 

has been shown that the internal mammary artery has an excellent long term function 

that makes it the most durable graft for coronary bypasses [4]. The greater saphenous 

vein is another autologous option when the internal mammary artery is not available 

or when grafting in the lower extremity [4]. However, despite the promising result 

of autologous grafts, in more than 30% of the patients this treatment option is not 

available due to previous harvest, systemic disease such as varicose degeneration, or 

inadequate diameter or length [3,5]. Also, the harvesting of autologous vessels is 
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accompanied with a major morbidity and surgical cost [6]. The second option is using 

allografts and xenografts, which do not have the issues with donor site morbidity or 

limited supply. However, they are associated with concerns about disease 

transmission and immune rejection [7]. The third option is using a synthetic graft 

such as Dacron (polyethylene terephthalate (PET)) or expanded 

polytetrafluoroethylene (ePTFE).  These grafts are used for larger vessels (6-10 

millimeter in diameter) in high blood pressure areas such as large peripheral arteries, 

but when it comes to smaller diameter vessels (3-4 millimeter in diameter) they lose 

their functionality due to thrombosis and occlusion [8–10]. In fact, there are currently 

no FDA approved engineered bypass-graft products for small diameter vessels 

(<4mm) [6]. 

A potential fourth option that has been explored is tissue engineering, in 

which the vascular graft is generated by either pre-seeding or recruiting cells on 

natural or synthetic materials. Using this approach circumvents the limitations with 

limited supply, donor site morbidity, and diseases transmission. 

1.3  Coronary Arteries Native Structure 

Understanding the native tissue structure plays a very important role in 

designing the tissue engineered graft. In the body, coronary arteries consist of three 

different layers. From the lumen of the artery outward these layers are: the tunica 

intima, the tunica media, and the tunica adventitia (Fig. 1.1) [11].  
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The intimal layer is the thinnest layer composed of a single layer of the 

endothelial cells on a basal lamina in healthy tissue. Endothelial cells have several 

critical functions. These cells not only control the passage of materials into and from 

the blood stream [12] but also provide a charged layer that prevents migration of 

blood cells and plasma proteins outside of the vessel [11] and promotes anti-

thrombogenicity by inhibiting platelet adhesion [13]. Endothelial cells play an 

important role in tissue hemostasis as well. They regulate vessel structure and 

function by sending signals to the surrounding smooth muscle cells (SMCs). For 

instance, they can sense the shear from the blood flow through their 

Intima 

Media Adventitia 

Figure 1.1 Native artery structure with the three different layers 
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mechanoreceptors and then send a signal to SMCs to adapt the vessel diameter and 

wall thickness. They can also effect SMCs by releasing NO in response to neural 

signals [12].  

The medial layer consists of highly organized layers of SMCs [14] and elastic 

fibers [11]. SMCs in these layers are generally oriented circumferentially which 

promotes the strength and stability of the vessel [14]. 

The outermost layer or the adventitial layer, consist mostly of fibroblasts and 

randomly arranged collagen and glycosaminoglycan. Collagen anchors the blood 

vessel to the surrounding tissue and also prevents any vascular rupture due to high 

arterial pressure [15].  

Although understanding the native tissue structure is important, mimicking 

the exact structure is not always necessary when producing the vascular grafts. For 

example, a successful functional tissue engineered vascular graft (TEVG) will 

require an intima and a media layer, but replicating the adventitial layer has not been 

the focus of many research strategies. 

1.4  Tissue Engineering 

Tissue engineering involves the use of living cells along with a biodegradable 

scaffold to develop biological substitutes for implantation into the body [16] to 

induce tissue regeneration through extracellular matrix (ECM) deposition. It can also 

involve using a bioreactor to provide the cells with many components of the 
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physiological environment and grow them into a porous scaffold prior to 

implantation. Tissue engineering can potentially produce many of the functional 

properties of natural vessels.   

1.4.1  Scaffold  

The role of the scaffold is to act as the initial load bearing component of the 

tissue engineered graft as well as to provide a surface for cell attachment [17]. Tissue 

engineered scaffolds need to be biocompatible and non-toxic and degrade over time 

as new tissue forms. Scaffold surface characteristics, mechanical stability, porosity, 

and interconnectivity between pores are essential factors to be considered [17]. 

Specific biomaterials and processing techniques are discussed latter (Section 1.5).  

1.4.2  Cell 

Cells form the living component of the tissue engineered vascular grafts. 

Cells can be pre-seeded on the scaffold prior to implantation or they can be recruited 

in the body afterward. Based on the strategy, different cell types can be used for pre-

seeding. This can involve cells native to the vascular environment such endothelial 

and SMCs or stem cells such as mesenchymal stem cells and hematopoietic stem 

cells. 
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1.4.3  Bioreactor 

Bioreactors are commonly used in tissue engineering applications to provide 

cells with a dynamic physiological environment similar to what is present in the 

native tissue. This helps primary cells to maintain their phenotype as well as guides 

the stem cells differentiation by providing them with the biochemical and mechanical 

cues that they experience in their native environment. 

1.4.2.1  Traditional Bioreactors 

In the native blood vessels, cells experience two types of mechanical forces: 

radial and circumferential cyclic stresses as well as shear stress [3,18]. These forces 

play an important role in the ability of the cells to retain their function and phenotype. 

To apply radial stresses, Niklason et al. [19] have designed a bioreactor that stretches 

the graft by inflating silicone tubing within the lumen of the vessel. The result 

showed a significant enhancement in the mechanical properties, collagen content, 

and morphological characteristics compared to the control group. Ghazanfari et al. 

have also shown that applying a cyclic uniaxial stretch to mesenchymal stem cells 

cultured on a silicone membrane can cause them to differentiate to smooth muscle 

cells [20]. 

The shear stress that is applied to the endothelial cells in the native blood 

vessels is due to blood flow. Most bioreactors used for vascular engineering 

applications apply fluid flow to provide nutrients and/or shear stress to cells seeded 
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in the lumen. It has been shown that applying this type of stimulus caused an 

increased expression of endothelial cells markers in the adipose derived stem cells 

[21]. It has also been shown to increase the level of NO secretion from human 

umbilical vein endothelial cells (HUVEC) and as a result, decreased the chance of 

thrombus formation [22]. However, the level of the applied shear stress needs to be 

controlled and optimized because endothelial cells can come of the surface or 

undergo apoptosis if the shear force is too high. 

In addition, controlling the biochemical cues that are delivered to the cells is 

challenging due to the various effects that these materials can have on the cells when 

presented in different combinations and concentrations. Bioreactors enable us to 

deliver biochemical cues in a spatially and temporally controlled manner to the cells. 

In addition to these traditional bioreactors, some groups have used pre-implantation 

in the patient’s own body (e.g. peritoneal cavity) as a bioreactor to generate vascular 

grafts [5,23–27]. The idea of using patient’s peritoneal cavity as an “in vivo 

bioreactor” was first proposed by Campbell group to generate autologous 

TEVGs[23].  

1.4.2.2  In Vivo Bioreactors   

The peritoneal cavity has been used in the past to produce autologous 

vascular grafts. This cavity can supply the cells, nutrients, and growth factors as well 

as can serve as a humidified, temperature-controlled incubator [5]. In this approach, 
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the natural wound healing response is used to generate the vascular graft. In previous 

studies, biocompatible silicone tubes were inserted in the peritoneal cavity of rats, 

rabbits, and dogs for 2-3 weeks. Since it is a foreign object, the body starts to form a 

fibrous capsule around it [28] as a part of the immune response. This capsule consists 

of different populations of the cells including layers of myofibroblasts, which are 

from bone-marrow-derived cells, covered by a continuous layer of mesothelial cells 

that are derived from the lining of the peritoneal wall. Mesothelial cells have 

antithrombotic properties similar to endothelial cells [8]. These fibrous capsules were 

then removed and grafted into small-diameter arteries. These grafts remained patent 

after up to 4 months of implantation [5]. 

These vascular grafts have the benefit of being immunocompatible, since 

they have been grown in the patient’s own body. We believe that this pre-

implantation step will be important partially because the autologous cells recruited 

directly to a scaffold implanted within the peritoneal cavity can circumvent the need 

to expand primary cells with in vitro culture, avoiding associated phenotypic changes 

[29]. However, it is not currently known exactly what the main impact of pre-

implantation is and this is one of the motivations for our study. Moreover, a potential 

side effect of this strategy is the formation of peritoneal adhesions which is another 

area that we are trying to improve in this research.  
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1.5  Biomaterial Choice and Scaffold Fabrication  

Scaffold material plays a significant role in the outcome of TEVG. A scaffold 

should be biocompatible and biodegradable, provide the required mechanical 

strength, and be easily processed into the desired form and allow for cell infiltration. 

A variety of synthetic and natural biomaterials using different processing techniques 

have been tested for vascular tissue engineering applications. They are briefly 

discussed below.  

1.5.1  Synthetic Materials 

Synthetic non-degradable polymers are commonly used for vascular 

applications due to several advantages that they provide including precise control 

over the degradation time and strength [30]. Dacron (polyethylene terephthalate 

(PET)) and expanded polytetrafluoroethylene (ePTFE) are currently considered as 

the standard biomaterials of prosthetic vascular grafts [30]. Both of these polymers 

are hydrophobic and as a result they resist hydrolysis and degradation when grafted 

in the body. These materials perform well when they are used in larger diameter 

applications (e.g. > 6mm). Modification of the grafts made from these materials such 

as heparin coating or pre-seeding the lumen with endothelial cells have made them 

promising for medium diameter vascular grafts as well (4-6 mm in diameter) [31], 

but when it comes to smaller diameter vessels (3-4 millimeter in diameter) it is not 
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clear yet what modification is required to prevent them from losing their functionality 

due to thrombosis and occlusion [8–10]. 

Another option for scaffold composition is degradable synthetic materials, 

which have the benefit of not leaving any prosthetic material that stimulates a 

persistent foreign body reaction [30]. This includes linear α-hydroxy esters (such as 

poly(lactic acid) (PLA), poly(glycolic acid) (PGA), and poly(ε-caprolactone) 

(PCL)), elastomeric segmented polyurethanes (PU), and highly crosslinked 

polyesters (e.g., poly(glycerol sebacate) (PGS)).  

PGA is a crystalline and hydrophilic material that has shown degradation 

times of 2-4 weeks when it is used as suture [30]. On the other hand, PLA is less 

crystalline and more hydrophobic due to possessing an extra methyl group compared 

to PGA. This polymer has a lower hydrolysis rate and higher mechanical strength, 

and when degrades it converts to naturally occurring lactic acid in the body [30]. 

These two polymers can also be used as a co-polymer to provide more control over 

their properties.  

Elastomeric segmented PUs are elastic, compliant, and biocompatible 

polymers that consist of two domains, a hard domain that is typically derived from a 

diisocyanate and gives the polymer its mechanical strength, a soft domain which is 

typically a polyol and is responsible for flexibility. Optimization of these components 

gives these polymers different properties that is one of the main reasons for 

popularity of PUs. Also, being a compliant material provides the advantage of 
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avoiding compliance mismatch with the surrounding arteries that is believed to 

contribute to development of anastomotic intimal hyperplasia [30].  

PCL is a desirable synthetic polymer because of its approval for use in FDA 

approved devices and degradation time (1-3 years). This time frame should allow 

generation of sufficient structural tissue to withstand physiologic forces for 

applications that requires extended presence of the scaffold to avoid graft dilation  

[32]. PGS is an elastomeric polyester that has been shown to degrade in the body in 

2 weeks which makes it suitable for application that quick degradation of material is 

required to allow for remodeling and integration [33]. However, in this case conduit 

conditioning and maturation prior to grafting or presence of another component is 

required to provide the required mechanical support. The ability of these materials to 

degrade and remodel after implantation provides several benefits; however, they lack 

recognized sites for cell binding just like the non-degradable counterparts. Different 

strategies have been investigated to minimize this issue, one of which is to either 

modify the surface with or use completely naturally derived materials. 

1.5.2  Natural Materials  

Naturally-derived materials can facilitate the cell repopulation and tissue 

remodeling desired for vascular grafts [3,30]. Native structural proteins, such as 

collagen, fibrin, and elastin are commonly used because they promote cell 

attachment and signaling [5,30,34]. Also, cells have the ability to enzymatically 
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degrade most of the naturally derived materials, which has a major impact on matrix 

remodeling and phenotype of the seeded cells [35]. This will be discussed more under 

section 1.6.1. Collagen is the most abundant protein in the body and collagen type 1 

is present throughout the vessel wall. Collagen can support cell attachment and tissue 

growth [30]. The first TEVG was made from collagen. It was pre-seeded in 3 layers 

with endothelial cells, smooth muscle cells, and fibroblasts to resemble the intima, 

media, and adventitia in the native artery, respectively. However, the graft did not 

have the required mechanical properties and a non-degradable Dacron mesh had to 

be integrated to maintain structural integrity. Aneurysmal-like dilation due to fast 

degradation and thrombogenicity are among the other concerns related to 

collagenous vascular grafts. To improve the mechanical strength of the collagen 

constructs, several approaches have been used, including cell seeding and 

mechanical preconditioning of the grafts before implantation. Electrospinning 

collagen and elastin together has also been performed with the goal of replicating the 

native blood vessel composition [36]. Fibrin is another natural material that has been 

used for generating TEVGs. Fibrin is included to stimulate the native remodeling 

response [37]. However, similar to collagen, fibrin lacks the required mechanical 

strength, and it requires an extra step to strengthen the graft.  

Decellularized blood vessels of native origin have also been used as a natural 

vascular scaffold. For generating these grafts the cells are removed using detergents 

or enzymatic extraction methods. The remaining acellular matrix is used as a scaffold 
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for autologous cell ingrowth. These type of grafts possess several benefits such as 

providing glycosaminoglycans, proteoglycans, and growth factors in addition to the 

structural proteins, which can allow for better modulation of the phenotype of the 

included cells. However, the scaffolds’ poor porosity makes the cell seeding 

challenging and the scaffolds exhibit lower mechanical properties compared to the 

native vessels partially because of denaturation during the decullarization process 

[18,37]. Methods are optimized to try to minimize denaturation, but some typically 

occurs, and the degree of denaturation is often higher when removal of cellular 

material is more rigorous. 

1.5.3  Blended Materials 

As it was mentioned earlier, natural material can enhance the cellular 

response but their fast degradation rate can lead to loss of integrity. On the other 

hand, synthetic materials typically have a slower and more controllable degradation 

rate, but they lack the ability to produce cell recognition signals by themselves or 

without modification [38]. Blending these materials has been investigated as an 

option to overcome these limitations. For example, natural materials can be 

immobilized on the surface of synthetic materials, or they can be physically blended. 

This hybrid scaffold ideally can have an improved cellular response compared to the 

pure synthetic material while preserving the mechanical strength [39]. However, the 

ratio that these component are blended together plays a critical role in determining 



15	
	

the outcome. Different synthetic and natural materials have been blended using this 

method. The synthetic component for TEVGs is usually PCL or PU with a natural 

component of collagen, fibrin, or elastin [37]. These hybrid scaffolds can be 

generated using variety of processing techniques. The method of processing have an 

important impact on the material properties and as a result the outcome of the graft 

[37]. 

1.5.4  Scaffold Fabrication Techniques  

Tissue engineering scaffolds need to be porous to enable cell infiltration as 

well as gas and nutrient exchange [40]. Proper nutrient diffusion is necessary to 

develop a functional and viable vascular graft, therefore the scaffold should include 

an interconnected porous network that allows nutrients to pass through to the 

underlying layers [14]. Different processing techniques to introduce porous structure 

into the scaffolds include fiber binding, solvent casting/particulate-leaching, phase 

separation, hydrocarbon templating, membrane lamination, melt molding, extrusion, 

emulsion freezing-drying, gas-foaming, electrospinning and rapid prototyping [41]. 

Since extracellular matrix has a well-organized fibrous structure in the native 

vascular tissue, fibrous scaffolds are popular for tissue engineering applications. 

Different strategies have been developed to fabricate fibrous scaffolds, 

electrospinning is one the most used of those techniques due to its ability to generate 

fibers similar to the fibrous structures of native ECM [42].  
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1.5.4.1  Electrospinning  

Electrospinning is a versatile and simple method that allows us to generate 

fibers with diameters ranging from a few micrometers to a few nanometers. Its ability 

to process a variety of materials, its cost effectiveness, and the straightforward nature 

of the process have made electrospinning a popular method for fabricating fibrous 

scaffolds [42,43]. This technique uses an electrical force to generate fibers from 

polymer solutions or melts. The system consists of three main components: a high 

voltage power supply, a syringe, and a metal collector (Figure. 1.2)  [44]. The 

polymer solution is fed through the syringe. A high voltage is applied to the needle 

which induces a charge on the surface of the liquid while the collector remains 

grounded. The applied electric field overcomes the surface tension of the solution, 

and causes it to forms a liquid jet. Before reaching the collector, most of the solvent 

evaporates, leaving behind an interconnected web of small fibers upon the collector 

[44]. Scaffold properties, such as porosity and fibers diameter, can be precisely 

controlled by varying solution parameters, like concentration and conductivity, and 

processing parameters, like electric potential, needle diameter, flow rate and throw 

distance [44]. Alignment and orientation of the fibers can also be controlled by 

different means. One is by mechanical stretching through modulating the rotational 

speed of the collector [45]. The length of the time that the polymer is electrospun 

determines the mesh thickness, and the mesh thickness typically ranges from 14 µm 

to 0.5 mm for vascular grafts [46–48]. Thicker meshes cannot be fabricated using 
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this method, because the non-conductive fibers that are formed on the collector will 

disrupt the electrical field required to form the liquid jet.  The large specific surface 

area of electrospun fibers can also be used for loading bioactive molecules to 

facilitate selective cellular responses [42]. 

 

 

1.5.5  Effect of Processing Technique on Scaffold Properties 

The review article included in appendix A provides a detailed discussion of 

the effect of processing techniques and scaffold properties on TEVGs outcome. A 

summary of that is provided here. As discussed in the blended material section, 

processing technique has a critical role in determining the scaffold properties. This 

potentially happens through the impact it has on distribution and crystallinity of each 

Figure 1.2 Diagram of an electrospinning system. 
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component within the scaffold. Distribution of the components within the scaffold is 

very important, especially for natural-synthetic polymer blends developed to present 

a natural polymer on the surface to allow cell interaction [37]. Also phase separation 

of the different components has been shown to result in different surface roughness 

and topographies [49], that can cause variation in the interaction of the cells with 

scaffold. Crystallinity is also important parameter that is impacted by processing 

parameters and has been shown to impact the cell proliferation as well as scaffold 

mechanical properties [50,51]. The ratio of each component within the blended 

polymer has an important role in the ability of that component to crystallize. For 

example, in a study using the blend of poly(ethylene glycol)(PEG) and PLA at 

different ratios, it was found that when PEG was included in 20-70% ratio both 

components were able to crystalize. However, when one component composed less 

than 20% of the blend only the dominant component crystalized and the minor 

component dispersed as an amorphous phase within the major component [52]. 

Processing techniques also impact the final crystallinity of scaffolds. For example, 

electrospinning has been shown to reduce the crystallinity of the polymer because of 

the limited time it gives to the chains to reorganize before the solvent evaporates. 

Variation in scaffold crystallinity can impact several scaffold properties including 

mechanical properties and degradation rate, which is discussed in the appendix A 

section.  
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1.5.6  Scaffold Characterization Techniques  

In order to assess vascular graft crystallinity and distribution of components 

different characterization methods can be use. A list of most common scaffold 

characterization methods and a short description of each method is described in this 

section.  

X-Ray photoelectron spectroscopy (XPS) also known as ESCA (Electron 

Spectroscopy for Chemical Analysis) is an important and key surface 

characterization technique of biomedical materials that provides elemental analysis 

for the top 10-200 Å layer of the materials by irradiating the material with X-ray 

and measuring the number and kinetic energy of the electrons that have escaped 

from the surface. When using blended polymers XPS maybe able to confirm 

presence of each component at the surface using characteristic peaks depending on 

differences in composition. For example, detecting the nitrogen peak by XPS shows 

presence of the protein component on the surface of the scaffold when looking at 

blends of proteins and synthetic polymer since this peak is the characteristic peak for 

proteins [27].  

Transmission electron microscopy (TEM) is an electron microscopy 

technique that acquires high magnification and high-resolution images by 

transmitting a beam of electrons through the sample. This technique operates based 

on same basic principles as light microscopy, but uses beam of electrons instead of 

light and electromagnetic lenses instead of glass lenses. Therefore, it requires very 
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thin cross sections (<100 nm) of the sample. XPS is only a surface characterization 

technique, but TEM can be used to provide more detailed map of the distribution of 

components throughout thin sections of the scaffold. TEM has been shown 

previously to be an effective technique to study the distribution of collagen within 

synthetic materials [53].   

Atomic force microscopy (AFM) is another powerful tool to study the 

distribution of each component within the blended scaffolds.  AFM consists of a very 

sharp tip connected to a cantilever that scans over the sample surface [54,55]. The 

tip will interact with the surface and cause the cantilever to move. Motion of the 

cantilever will be measured with a laser beam and converted to a map that shows 

surface characteristics of the material. AFM is versatile method that is capable of 

imaging non-conductive surfaces at a very high resolution (10-20 nm) without 

requiring additional surface preparation. A specific antibody can be bound to the tip 

to interact with a particular molecule (antigen) and provide a map of surface 

distribution of that material (e.g. collagen or other natural polymers) [54]. In can also 

be used to provide a topographical map as well as the local mechanical properties of 

the surface.  

Differential scanning calorimetry (DSC) is one of the most popular 

methods that is used to measure crystallinity of polymers. The information that DSC 

provides is based on the heat required to melt the polymer. Percent crystallinity of 
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the polymer will be reported by comparing this value by the heat required to melt the 

100% crystalline form of the material or a polymer of known crystallinity.  

Dynamic mechanical analysis (DMA) can also be used to estimate the 

crystallinity of the polymer with an accuracy of better than 20% [56]. It is known 

that the mechanical modulus of the polymers changes as the polymer goes from glass 

transition temperature to melting temperature and the amount of change can be 

measured using DMA. The value has been reported to be similar for all the 

amorphous materials. This value can also be measured for semi-crystalline polymers 

using DMA. Percent crystallinity of semi-crystalline polymers can be calculated by 

calculating the ratio of this value over the value for amorphous materials.  

Other techniques. In addition to DSC and DMA, there are other techniques 

that can be used for characterizing crystallinity. For example X-ray Diffraction 

(XRD) is a technique that is used to study the structure of crystalline polymers based 

on interaction of x-ray with electrons of atoms [57]. 

1.6  Interaction between Body and the Biomaterial 

So far, scaffold properties and fabrication techniques required for generating 

a viable TEVG have been discussed. Another important aspect that affects the 

functional properties of the grafts is their reaction with the host tissue. Although most 

biomaterials are chemically inert and non-toxic in nature, they will still interact with 

the body and trigger the inflammatory and host response [58]. Tissue engineering 
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strategies should modulate inflammatory response and other biological responses in 

a way that will promote graft integration [59]. In order to develop strategies that can 

modulate the inflammatory response and promote positive wound healing, it is 

important to first understand the body’s host response to the implanted biomaterial. 

1.6.1  Host Response 

 The implantation of a biomaterial into the body initiates a foreign body 

reaction. This begins with protein absorption and acute inflammation, then typically 

chronic inflammation, and in some cases leads to granulation tissue formation 

(Figure 1.3) [60]. Several different factors including extent of the injury created with 

the implantation, biomaterial chemical composition, surface free energy, surface 

charge, porosity, roughness, and implant size and shape have been indicated to have 

a role in the duration and extent of each step [61] and still a lot of research is being 

performed to better understand this response. 

The acute inflammatory response is characterized by the presence of 

neutrophils, and usually resolves in less than one week [62]. Following acute 

inflammation, chronic inflammation is identified by the presence of monocytes and 

macrophages [62]. One main consequence of a chronic inflammatory response to an 

implanted biomaterial is activation of macrophages that results in the release of 

cytokines, growth factors, proteolytic enzymes, and reactive oxygen and nitrogen 

intermediates [60]. In the classical model, this extended response of macrophages 
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leads to the formation of multinucleated foreign body giant cells around the 

biomaterial [63].  Adherent macrophages and foreign body giant cells in the foreign 

body reaction are known to degrade the biomaterials and lead to its failure [63]. 

However, recent studies have shown that the chronic inflammation does not always 

lead to the formation of foreign body giant cells. 

 

 

 

 

 

 

 

Macrophages have been shown to have a spectrum of phenotypes ranging 

from M1 (classically activated, pro-inflammatory) to M2 (anti-inflammatory, 

homeostatic, wound-healing) [64]. Once macrophages are activated, they appear to 

have remarkable plasticity. It has been shown that they can switch phenotype from 

M1 to M2, and from M2 to M1 [64]. The M1 type response is to destroy pathogens 

and debride the wound site of dead cells while transition to an M2 is associated with 

Figure 1.3 Classical model for host response to biomaterials. Adapted from Robbins Basic 

Pathology [197]. 
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tissue remodeling [64]. Timing is very important in this transition. A prolonged M1 

polarization may lead to excessive scaring whereas overly exuberant transition to M2 

might delay the wound healing [64]. Therefore, an effective and timely switch in 

macrophage polarization is a key component of a positive wound healing response 

[64]. 

It has been shown that quickly degrading collagen-based scaffolds possess 

the ability to modulate macrophage phenotype after the in vivo implantation [65] 

process by eliciting a short inflammatory response [66]. One of the goals of this 

dissertation is to determine the amount of collagen needed to modulate the 

inflammatory response and reduce the accumulation of oxidized lipid species (e.g. a 

side product of the inflammatory response that contributes to intimal hyperplasia).   

1.6.2 Peritoneal Specific Side-effects 

Although pre-implantation in the peritoneal cavity can provide several 

benefits, such enabling autologous cell seeding and providing the cells with 

components of physiologic environment, one potential concern is formation of 

peritoneal adhesions. In general, any kind of injury or surgery on the peritoneal cavity 

can cause formation of peritoneal adhesions, which is adhesion of the abdominal 

wall, omentum and intra-abdominal organs to each other. These adhesions are a 

major source of morbidity and are a significant burden to the health care system [67].  

They are also one of the main causes of intestinal obstructions and they can cause 
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chronic visceral pain.  Based on the cause and extent of the peritoneal injury, the 

degree of this adhesion can vary from a thin layer of connective tissue to thick fibrous 

tissue with blood vessels and nerves [67]. Different scoring system has been 

developed to quantify extent of adhesion to enable comparison between different 

cases. One of these scoring systems is the one proposed by Coccolinni et al. based 

on the macroscopic appearance of the adhesion [67]. In this classification system 

grade 0 is no adhesion; grade 1 is filmy adhesions, blunt dissection; grade 2 is strong 

adhesions, sharp dissection; and grade 3 is very strong vascularized adhesions, sharp 

dissection, damage hardly preventable.  

The extent of formed adhesions can be higher when a foreign object (i.e. any 

implant or the vascular conduits) is present that keeps stimulating the inflammatory 

and foreign response. This needs to be considered when generating vascular grafts 

using peritoneal cavity. Currently, there is no effective method for preventing 

formation of these adhesions [67,68]. However, adhesion formation to the implant 

can be reduced significantly by modification and coating the implanted biomaterials 

with bio-inert materials to minimize the inflammatory response and their interaction 

with the surrounding tissue. This will hopefully also improve the long-term result 

after pouch removal.  For example, in the new pouch that we designed and tested in 

Chapter 5, the PEGDA pouch on the outside prevented protein absorption and tissue 

adhesion to the surface while the presence of pores enabled interaction of the 

constructs with the peritoneal environment and allowed for tissue generation. Finally 
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limited amount of inflammation is required to recruit cells to the implanted conduits, 

but extended chronic inflammation within the conduit and formation of foreign body 

giant cells should be avoided.  

1.6.3  Lipid Oxidation after Grafting 

Endothelial cell (EC) migration from the anastomosis after grafting plays an 

important role in endothelium formation [69]. However, endothelial cells cannot 

migrate more than 1 to 2 cm through this process with the current techniques, which 

causes a lack of functional endothelium in human grafts because of its longer length 

compared to graft in animal models. In addition, reactive oxygen species (ROS) play 

an important role in preventing EC migration. ROS are a family of highly reactive 

molecules containing oxygen radicals that have an important role in cell signaling 

and redox regulation when they are maintained at appropriate cellular concentrations 

[70–72]. These ROSs are responsible for oxidation of lipids within the graft [73]. 

Vascular grafts have shown higher accumulation of low density lipoproteins (LDL) 

compared to the native aorta [69], especially around graft anastomoses [72,74]. 

Monocytes/macrophages have the ability to oxidize LDL through ROS, as they are 

present at the implantation site due to the foreign body response to an implanted 

graft. The oxidized low-density lipoproteins (oxLDL) further stimulate ROS 

production within the endothelial cells which prevents endothelial cell migration 

through a superoxide-dependent mechanism [69,74,75]. Lysophosphatidylcholine 
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(lysoPC) is a lipid component of oxidized LDL that plays an important role in the 

inhibition of endothelial cell migration. The susceptibility of LDL to oxidation is 

influenced by its composition. A higher portion of poly-unsaturated fatty acids 

increases LDL chance for oxidation [75]. Arachidonic acid and linoleic acid are two 

types of poly-unsaturated fatty acids whose free radical oxidation products are 

associated with coronary artery diseases [76]. 

1.6.4  Intimal Hyperplasia 

Acute thrombosis and chronic intimal hyperplasia are the main reasons for 

the poor performance of both natural and synthetic grafts [36,77]. Intimal hyperplasia 

is the overgrowth of cells into the intimal layer of the arterial wall. This can happen 

because of pulmonary hypertension, atherosclerosis, after angioplasty, in 

transplanted organs, and in vascular grafts [78]. Vascular smooth muscle cells that 

have migrated from the media to intima compose about 20% of intimal hyperplasia, 

while about 60-80% of it is the matrix is deposited by vascular smooth muscle cells. 

The remaining cell content consist of macrophages and lymphocytes. Depending on 

the extent and the time that has passed from initial injury, the surface of the intimal 

hyperplasia can be endothelialized or not endothelialized [79]. In vein grafts, intimal 

hyperplasia occurs all throughout the graft, but for prosthetic ones it is typically 

limited to the peri-anastomotic regions of the grafts. This is because intimal 

proliferation can occur only on the back of existing tissue, and in clinical scenarios 
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most of the surface of the synthetic grafts remain uncovered [10]. The sequence of 

events that leads to intimal hyperplasia in vascular grafts are as follow: (1) early 

thrombosis; (2) phagocytosis of thrombi; (3) appearance and proliferation of 

fibroblasts in the pseudointima; (4) appearance and extension of endothelial cells; 

(5) appearance of VSMC and; (6) intimal hyperplasia by proliferation of fibroblasts 

and production of collagen fibrils [80]. Compliance mismatch with the surrounding 

arteries, disrupted flow, and inflammatory response and accumulation of oxidized 

lipids are factors that play very important roles in determining the thickness of the 

intimal layer [79].   

1.7  Causes of Graft Failure  

Different challenges have been reported to be important to overcome for the 

success of a small diameter vascular graft, including preventing graft occlusion, 

endothelial cells function, hemocompatibility, avoiding compliance mismatch, and 

maintaining graft structural integrity. Among these challenges graft occlusion and 

loss of structural integrity have been shown to be the most critical ones [37]. 

Thrombosis and intimal hyperplasia are the main causes for graft occlusion. These 

can lead to complete blockage of the blood flow or even if they restrict it only 

partially it can still impair the graft function. Loss of graft structural integrity and 

aneurysmal like dilution are the other critical challenges that need to be considered 

when designing a vascular grafts. This becomes more of a concern when the graft is 
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composed of natural or fast degrading polymers. To address this issue, inclusion of 

a polymer that has slower degradation rate (either blending with the natural polymer 

or wrapping outside of the graft) or pre-conditioning and maturing the graft prior to 

implantation is required. Other challenges are important to consider but they are not 

as critical since there are some alternative approaches. For example, the need for 

having a functional endothelial cell layer has been shown to be overcome by 

modification of the luminal surface of the graft, such as conjugation of anti-coagulant 

materials [81]. A detailed review of literature for this is provided in the appendix A.  

1.8  Experimental Plan  

The overall goal of this dissertation was to generate a tissue engineered 

approach to develop a small diameter vascular graft with autologous cells recruited 

from the patient’s own body by implanting acellular conduits in the patient’s 

peritoneal cavity. This was achieved through three complimentary steps. The first 

step is the determination of how the scaffold composition will impact the 

inflammatory response and conduit mechanics inside the peritoneal cavity model. 

The second step is the determination of the effect of collagen incorporation and initial 

peritoneal implantation on vascular graft hemocompatibility, viability, remodeling, 

and endothelialization after grafting into the rat abdominal aorta. Finally, the third 

task was development of a new pouch to minimize the potential side effect of 

peritoneal adhesion. 
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The first task was to determine the percentage of collagen needed to modulate 

the inflammatory response and improve conduit mechanics in the peritoneal cavity 

(Chapter 2). To accomplish this, electrospun conduits made of different ratios of 

collagen/ PCL in HFIP were implanted in the rat peritoneal cavities for 4 weeks. 

Mechanical properties, morphology and phenotype of recruited cells, and levels of 

specific lipids and their oxidation products were measured. This task was performed 

in collaboration with Karamveer Birthare as a part of his master thesis. My specific 

roles in that project included assisting with peritoneal implantation surgeries, 

conducting PCR, and analyzing the data for lipid oxidation and mechanical testing.  

The second task was to determine the effect of the percentage of collagen 

incorporated and initial peritoneal implantation on the graft hemocompatibility, 

viability, and expression of macrophage markers. This was determined through two 

different studies. One study utilized an in vitro system to study graft 

hemocompatibility (Chapter 4). To accomplish this, conduits with and without 

peritoneal pre-implantation were exposed to rat plasma and whole blood. Platelets 

adhesion and activation as well as constructs hemolysis activity were characterized.  

The second study was to determine the effect of collagen incorporation and initial 

peritoneal implantation on vascular graft remodeling and endothelialization (Chapter 

3). To accomplish this, constructs with and without initial peritoneal implantation 

were grafted into the rat abdominal aorta for 6 weeks. Graft patency, 
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endothelialization, expansion with cardiac cycle, levels of oxidized lipids, and 

morphology and phenotype of the recruited cells will be assessed.   

The third task was to modify the pouch that the conduits are enclosed within 

during the peritoneal pre-implantation to minimize the concern about formation of 

peritoneal adhesions (chapter 5). To accomplish this, in a pilot study, pouches were 

fabricated from PEGDA hydrogels and they were implanted within peritoneal cavity 

of two rats. Formation of peritoneal adhesions, cell recruitment to the enclosed 

conduit, and graft remodeling after being grafted into the abdominal aorta were 

characterized. This task was performed in collaboration with Kranthi Vuppuluri as a 

part of her master thesis. My specific roles in this task included performing peritoneal 

implantations and aortal grafting, conducting ultrasound, and analyzing the aortal 

graft after removal. 

The conclusion from these studies and their contribution to the field of 

vascular tissue engineering, as well as areas of further research are described at the 

end of the document (Chapter 6).  

1.9  Materials within Appendices  

A review article that provides useful and extensive literature review about small 

diameter vascular grafts is included as appendix 1.  
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Chapter 2: Collagen incorporation within electrospun conduits reduces lipid 

oxidation and impacts conduit mechanics 

Karamveer Birthare, M.S.,1Mozhgan Shojaee, M.S.,1 Carlos Gross Jones,2 James 

R. Brenner, Ph.D.,3 Chris A. Bashur, Ph.D.1 

 

1 Department of Biomedical Engineering, 2Department of Mechanical and Aerospace 

Engineering, and 3 Department of Chemical Engineering, Florida Institute of 

Technology, Melbourne, FL 

 

Abstract 

Modulating the host response, including the accumulation of oxidized lipid 

species, is important for improving tissue engineered vascular graft (TEVG) 

viability. Accumulation of oxidized lipids promotes smooth muscle cell (SMC) 

hyper-proliferation and inhibits endothelial cell migration, which can lead to several 

of the current challenges for small-diameter TEVGs. Generating biomaterials that 

reduce lipid oxidation is important for graft survival and this assessment can provide 

a reliable correlation to clinical situations. In this study, we determined the collagen 

to poly(ε-caprolactone) (PCL) ratio required to limit the production of pro-

inflammatory species, while maintaining the required mechanical strength for the 

graft. Electrospun conduits were prepared from 0%, 10%, and 25% blends of 
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collagen/PCL (w/w) and implanted in the rat peritoneal cavity for four weeks. The 

results showed that adding collagen to the PCL conduits reduced the accumulation 

of oxidized lipid species within the implanted conduits. In addition, the ratio of 

collagen had a significant impact on the recruited cell phenotype and construct 

mechanics. All conduits exhibited greater than 44% yield strain and sufficient tensile 

strength post-implantation. In conclusion, these results demonstrate that 

incorporating collagen into synthetic electrospun scaffolds, both 10% and 25% blend 

conditions, appears to limit the pro-inflammatory characteristics after in vivo 

implantation. 

2.1  Introduction 

Controlling the extent of inflammation and preventing an extended 

inflammatory response that is often elicited by tissue engineering scaffolds is a major 

challenge. One application where this is important is the generation of engineered 

small diameter vascular grafts [82]. For this application, prolonged inflammation has 

been shown to promote smooth muscle cell (SMC) hyper-proliferation [83] and to 

prevent the formation of a functional endothelium [84], both of which can cause 

vascular graft failure [10,85]. Thus, developing strategies that can reduce the 

duration of the inflammatory response, and potentially improve graft patency, are 

required. 
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The macrophages that infiltrate tissue engineered vascular grafts (TEVG) 

upon implantation are involved in regulating SMC proliferation and migration and 

reactive oxygen species (ROS) production [86]. Initial SMC proliferation and 

deposition of extracellular matrix (ECM) is important for scaffold remodeling. 

However, hyper-proliferation of SMCs due to a sustained inflammatory response can 

lead to SMC migration to the intima, resulting in intimal hyperplasia [79]. 

Furthermore, inflammatory ROSs are responsible for oxidation of lipids within the 

graft [74]. Accumulation of these oxidized lipid species within the graft promote 

SMC proliferation [87–89] and inhibit endothelial cell migration [65]. Thus, 

developing strategies to reduce lipid oxidation levels within TEVGs represents a 

promising approach to promote positive wound healing and graft remodeling [10,90]. 

Lipid oxidation has been used as a marker for atherosclerosis [76]. However, we are 

not aware of any other studies that have used lipid oxidation as a predictor of cell 

response to constructs for vascular tissue engineering applications. 

The biomaterial's composition is important in regulating the cell phenotype, 

including during the wound healing response [91,92]. In particular, natural ECM-

based materials provide active sites and degradation products that are involved in 

regulating wound healing and other cellular functions [93–95]. The native ECM in 

the body consists of several components, including collagen, elastic fibers, and 

proteoglycans. Collagen is the most prominent protein within the ECM and has 

previously been shown to have a positive effect on wound healing [96,97] by eliciting 
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a short inflammatory response when processed properly [64,96]. However, these 

materials degrade quickly after implantation, potentially compromising structural 

integrity. A strategy to improve bioactivity and maintain mechanics is to prepare a 

blended scaffold with both natural and synthetic components [28,90]. However, 

more systematic research is needed to determine the impact of the ratio of natural to 

synthetic materials on the host response. 

The peritoneal cavity has been used previously both to study the host 

response and to serve as an in vivo 'bioreactor' [23]. In our previous study [28], 

electrospun scaffolds were implanted in the peritoneal cavity and the impact on 

elastic matrix production was investigated. We used the peritoneal cavity as an 

efficient model system to study inflammatory reactions that could occur in the 

grafting scenario. While we have previously shown that collagen incorporation into 

electrospun meshes improves elastic matrix generation, the effect on oxidized lipids 

is unknown. In addition, our previous conduits were crosslinked, which likely 

impacted the degradation rate, conduit mechanics, and the inflammatory process 

[96]. 

In this study, electrospun conduits of different PCL/collagen ratios were 

implanted in a rat peritoneal cavity model to determine the impact of composition on 

the inflammatory response, tissue generation, and the resulting conduit mechanics. 

More specifically, we determined what percent collagen incorporation within 

electrospun conduit will promote a positive wound healing response through the 
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reduction in levels of oxidized lipid species, and allow maintenance of mechanical 

integrity after in vivo implantation. Electrospun conduits were prepared and 

implanted in the rat peritoneal cavity. Conduits were removed and analyzed for 

recruited cell phenotype, accumulation of oxidized lipid species, and tensile 

properties after 4 weeks of implantation. 

2.2  Materials and methods 

2.2.1  Materials 

All disposables, chemicals, and biological supplies were purchased from 

Fisher Scientific (Pittsburgh, PA) unless specified otherwise. Poly(ε-caprolactone) 

with inherent viscosity 1.0–1.3 dl g-1 in chloroform was purchased from Lactel 

Absorbable Polymers (Pelham, Al). Lyophilized collagen type 1 from calf skin was 

purchased from Elastin Products Company (Owensville, MO). All antibodies were 

purchased from Abcam (Cambridge, MA). All primers were designed and purchased 

from Life Technologies (Grand Island, NY). 

2.2.2  Electrospinning of conduits 

Conduits were produced by electrospinning 0%, 10%, and 25% blends of 

collagen/PCL (w/w). Electrospinning concentrations of 12% w/v and 14% w/v in 

1,1,1,3,3,3-hexafluoro-2-propanol (HFIP) were used for the PCL control and the 

collagen/PCL blend conditions, respectively. Electrospinning was performed using 
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a 22 gauge needle, 15 kV voltage gradient, and a throw distance of 10 cm. The flow 

rate was maintained at 0.8 ml h−1 for all the conditions. Electrospinning was 

performed for 15–20 min onto a 1.6 mm outer diameter stainless steel mandrel to 

produce small diameter conduits. The consistent thickness of the conduits and 

random orientation of the fibers were achieved using controllable lateral movement 

and slow rotation (<100 rpm) [98]. A custom variable constant-current driver 

powered the rotational motor while a stepper motor provided accurate lateral cycling. 

The conduits were removed from the rod with the help of ethanol after 

electrospinning, cut into 1 cm long segments, and stored in a desiccator until use. 

2.2.3  Conduit characterization 

Scanning electron microscopy (SEM) images were used to determine fiber 

diameter, fiber orientation, and pore size. The electrospun vascular conduits were 

mounted onto aluminum stubs, sputter coated with gold, and then imaged in a JEOL 

6380-LV (Peabody, MA) SEM with a working distance of 10 mm and operating at 

5 kV. Analysis of the SEM images was performed with ImagePro Plus® software 

(Media Cybernetics, Bethesda, MD). For pore size, semi-quantitative analysis was 

performed by considering the pores between the top layers of fibers. Separately, SEM 

was performed on the electrospun conduits that were hydrated for 3 d in PBS at 37 

°C to confirm stability of the electrospun fiber morphology. 
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X-ray photoelectron spectroscopy (XPS) was used to characterize and 

confirm the collagen content within blended electrospun conduits. The presence of 

collagen was determined by the N1s peak in the XPS spectra produced using 

AugerScan software (Rbd Instruments, Bend, OR) with a Physical Electronics 4500 

ESCA XPS system operating at 15 kV. Spectra were obtained from high resolution 

scans with a 0.1 eV step using a 35.7 eV pass energy. Five sweeps were performed 

for the C1s and O1s peaks, and 20 sweeps were performed for N1s peak. 

2.2.4  Conduit implantation into peritoneal cavities 

Four constructs, each 1 cm in length, were enclosed within a 

poly(tetrafluoroethylene) (PTFE) pouch with 0.045'' by 0.025'' size diamond shaped 

pores (McMaster-Carr, Robbinsville, NJ) prior to intraperitoneal implantation, as 

described previously [26]. After ethylene oxide sterilization, pouches were implanted 

intraperitoneally according to an IACUC-approved protocol using 200–225 g male 

Sprague-Dawley rats (Charles River, Wilmington, MA), as described previously 

[25]. The pouches with enclosed conduits were removed after 4 weeks of 

implantation for analysis of recruited phenotypic cells, lipid oxidation, and the 

mechanical properties. 
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2.2.5  Imaging 

Conduits were mounted in optimal cutting temperature compound (OCT) 

(Tissue-Tek, Torrance, CA), and frozen at −80 °C. Cross-sections 10 µm thick were 

prepared using cryosectioning. 

2.2.5.1  Immunofluorescent imaging 

Tissue sections were fixed in a 4% w/v EM-grade formaldehyde (Electron 

Microscopy Sciences, Hatfield, PA) solution in phosphate buffered saline (PBS) for 

10 min. Sections were then permeabilized with 0.1% v/v Triton X-100 (VWR, 

Randor, PA) for 5 min, and then blocked with 5% v/v goat serum (Fisher Scientific, 

Pittsburg, PA). Cell phenotype was investigated using primary antibodies that 

detected contractile SMC phenotypic markers (i.e. α-smooth muscle actin (α-SMA) 

and Calponin (Cnn1)), and a marker for cell proliferation in SMCs (i.e. 

Thrombospondin (Thb2)) [99]. All primary antibodies were used at 1:100 dilution. 

Alexa 633 conjugated secondary antibodies (Life Technologies) were used. They 

were either anti-mouse highly-cross absorbed or anti-rabbit, depending on the 

primary antibody. The presence of nuclei was confirmed with the nuclear stain 4', 6-

diamino-2–phenylindole dihydrochloride (DAPI) contained within the mounting 

media (Vectashield, Vector Labs, CA). Imaging was performed on a ZEISS Axio 

Observer A.1 fluorescent microscope (Carl Zeiss Microscopy, Thornwood, NY) and 

a CoolSnap MYO CCD camera (Photometrics, Tucson, AZ). The brightness and 
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contrast were adjusted equally for all conditions and the negative control (i.e. no 

primary antibody). ImagePro Plus® (Media Cybernetics) software was used to 

acquire all images using a custom macro. 

2.2.5.2  Histology 

Tissue sections were stained with hematoxylin and eosin (H&E) to analyze 

construct remodeling and cell infiltration within the scaffold. During processing, 

xylene was avoided since it is known to dissolve PCL. After staining, tissue sections 

were cover-slipped using a mounting medium with limonene as the solvent (Electron 

Microscopy Sciences, Hatfield, PA). A Nikon Diaphot brightfield microscope 

(Nikon, Melville, NY) and a ProgRes® SpeedXT core 3 CCD camera (Jenoptik, 

Jupiter, FL) were used to image histology slides. 

2.2.6  Quantitative real-time PCR (qRT-PCR) analysis 

Expression of SMC/myofibroblast markers and macrophage markers were 

determined using qRT-PCR. Briefly, the constructs were harvested in 350 µl of RLT 

buffer (Qiagen, Vanencia, CA). An RNeasy® Mini Kit (Qiagen) was used to isolate 

RNA and quantification of RNA was performed using a RiboGreen assay 

(Invitrogen, Grand Island, NY), as described previously [100]. RNA was reverse 

transcribed using an iScript® cDNA kit (Bio-Rad Laboratories, Hercules, CA) 

according to the manufacturer's instructions. Fluorescein calibration dye (Bio-Rad 

Laboratories, Hercules, CA) was prepared in PCR buffer (10 mM Tris, pH 8.0, 
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50 mM KCl, 3 mM MgCl2) at 1:1000 dilution and added to SYBER®-Green Master 

Mix (Life Technologies, Grand Island, NY). qRT-PCR was then performed using 

Power SYBER®-Green Master Mix (Life Technologies) and a Bio-Rad MyIQ Real-

Time PCR (qRT-PCR) System (Bio-Rad Laboratories) [98]. Specific primers were 

included for myofibroblasts/SMCs (i.e. α-smooth muscle actin (Acta2)), SMC 

proliferation (Thrombospondin (Thbs2)), general macrophages (i.e. CD68 (Cd68)), 

pro-inflammatory M1 macrophages (i.e. CD80 (Cd80)), and osteopontin (Spp1), a 

pro-inflammatory marker (supplementary table 1  

(stacks.iop.org/BMM/11/025019/mmedia)). Osteopontin, traditionally a marker for 

bone has also been shown to regulate pro-inflammatory cytokine production during 

the inflammatory response [101,102]. The expression profiles were analyzed using 

the comparative threshold cycle (▵▵Ct) method and the relative gene expression was 

reported as 2−▵▵Ct [103]. The housekeeping gene -18s ribosomal RNA (Rn18s) - 

was detected with a previously designed primer [104]. Limited amplification of 

genomic DNA was confirmed by the no-RT control sample. Cycles to threshold (CT) 

values for thrombospondin, CD68, CD80, and osteopontin were less than 30, and CT 

values for α-SMA and calponin were less than 35. The melting curves verified that 

there was one large peak and negligible formation of primer dimers or other non-

specific amplification products. Statistical analysis was performed on the measured 

values (i.e. ▵Ct), and the error bars were calculated using propagation of error [105]. 
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2.2.7  Lipid oxidation 

2.2.7.1  Sample preparation 

Samples were removed from the rat peritoneal cavity and transferred to an 

antioxidant cocktail solution immediately to prevent further oxidation. The 

antioxidant cocktail solution was composed of 100 mM diethylene triamine 

pentaacetic acid (DTPA), and 20 mM butylated hydroxytoluene (BHT) in a 2:1 ratio. 

The samples were sealed under Argon, flash frozen, and stored at −80 °C. 

2.2.7.2  Lipid extraction 

Fatty acids and oxidized fatty acids were extracted using high-performance 

liquid chromatography/mass spectrometry (HPLC/MS) established methods [106]. 

The lipid oxidation analysis was performed at the Cleveland Clinic. Briefly 10 µl of 

internal standard (2 ng µl−1, 15-HETE-d8), 90 µl of HPLC grade water, 100 µl of 

PBS, 100 µl of antioxidant cocktail solution (2 mM DTPA and 2 mM BHT), and 300 

µl of 2M NaOH were added to thawed samples. Samples were incubated for 2 h at 

60 °C for lipids hydrolysis. After hydrolysis, 350 µl 2M HCL was added and 

liquid/liquid extraction was performed twice to extract the released fatty acids into 

the hexane layer. The hexane layers were collected and dried under nitrogen flow, 

and the pellets were resuspended in 200 µl of 50% methanol/water (v/v). 
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2.2.7.3  LC/ESI/MS/MS 

Levels of fatty acid oxidation products were quantified using liquid 

chromatography with on-line electrospray ionization tandem mass spectrometry 

(LC/ESI/MS/MS). Separation was performed by injecting 40 µl of lipid extracts on 

to a C-18 column (Phenomenex ODS (2), 2 × 150 mm, 2 µm, Rancho Palos Verdes, 

CA) using a gradient starting from 85% methanol containing 2% acetic acid over 

10 min, then to 100% methanol containing 2% acetic acid over 2 min, following by 

100% methanol containing 2% acetic acid for 15 min. The HPLC eluent was 

introduced into a triple quadrupole mass spectrometer (Quattro Ultima, Micromass, 

Manchester, UK) using ESI in negative ion mode to quantify the fatty acids and their 

oxidized products. Hydroxyeicosatetraenoic acids (HETE 5, 8, 9, 11, 12, and 15), 

hydroxyoctadecadienoic acid (HODE 9 and 13), and their specific precursors 

arachidonic acid (AA) and linoleic acid (LA) were analyzed. Oxo-octadecadienoic 

acids (oxo-HODE 9 and 13) were also analyzed as a control to verify appropriate 

hydrolysis and sample processing [106]. The internal standard 15-HETE-d8 was 

used to calibrate the oxidized fatty acids in the samples. 

2.2.8  Mechanical testing 

Mechanical testing was performed to determine the electrospun conduit 

mechanics both with and without peritoneal cavity implantation. Tensile properties 

were determined by a ring testing procedure. Individual conduits were loaded 
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between two parallel rods and extended until failure [107]. Testing was performed 

with an Instron E3000 system (Instron, Norwood, MA) at 37 °C in a PBS solution. 

The conduits for all conditions, both with and without implantation, had similar 

average fiber diameters. The gauge widths of the conduits were 5 mm for non-

implanted specimens and 5.86  N  1.04 mm for the implanted samples. Luminal 

circumference and wall thickness were measured from brightfield images of 

individual conduits (Carl Zeiss Microscopy, Thornwood, NY) using ImagePro® 

software (Media Cybernetics). All specimens were subjected to the extension with a 

constant rate of 10 mm min−1 to determine tensile modulus, ultimate tensile strength 

(UTS), yield strain, and strain at failure. Tensile modulus was calculated from the 

linear region of the stress-strain curve for engineering stress and strain, excluding the 

toe region. UTS was also determined from the stress-strain curve. Yield was 

calculated as the threshold where the maximum slope decreased by 50%. 

2.2.9  Statistics 

Results are presented as mean ± standard deviation for fiber diameter (n > 100 

fibers/condition) and pore size (n > 80 pores/condition) measurements. Three images 

for each condition were used for SEM characterization of electrospun conduits for 

fiber diameter and pore size. Mechanical testing and lipid oxidation studies were 

performed with 3 rats and 2 conduits/rat for n = 6 conduits per assay. One additional 

rat/condition was included for PCR results (n = 8 total). PCR results are presented as 
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mean ± standard error. For imaging, a total of n = 3 samples (3 images/sample) were 

used to analyze immunofluorescence results. Statistical analysis was performed 

using JMP software, and all recorded data was checked for normality. For the data 

falling under the normal distribution, statistical significance was determined using 

one-way ANOVA with Tukey posthoc comparisons (p ≤ 0.05). However, qRT-PCR 

did not have a normal distribution, and statistical significance was determined using 

Wilcoxon with Mann–Whitney comparisons (p ≤ 0.05). 

2.3  Results 

Fiber diameters were analyzed for the electrospun conduits of varying 

collagen to PCL ratios. For 0%, 10%, and 25% collagen/PCL blend conditions, the 

average fiber diameters were found to be 1.00 ± 0.58, 0.91 ± 0.49, and 0.88 ± 0.21, 

respectively (Figures 2.1(A)–(C)). The electrospun fibers for all conditions were 

randomly oriented. The average pore size estimates were 0.71± 0.48, 0.70 ± 0.65, and 

0.76 ± 0.64 µm for 0%, 10%, and 25% collagen/PCL blend conditions, respectively. 

XPS spectral graphs showed a systematic increase in the nitrogen peak with 

increasing percentages of collagen in the electrospinning solutions (Figures 2.1(D)–

(E)). The N1s peak was 1.7% and 4.4% of the total area (i.e. the area under the N1s, 

C1s, and O1s peaks) for the 10% and 25% collagen samples, respectively. There was 

no N1s peak present for PCL samples (negative control). All the samples exhibited 

a similar spectra for carbon. Finally, hydrating conduits for 3 d did not have a 
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noticeable effect on the fibers organization compared to the dry scaffolds (Figures 

2.2(A)–(D)) 

 

 

 

 

 

 

Figure 2.1 Electrospun conduits were produced at different collagen ratios in a synthetic polymer, 

PCL. Shown are SEM images for 0 (A), 10 (B) and 25% w/w (C) collagen/PCL conduits. XPS 

spectra showing the representative area for carbon (D) and nitrogen (E) peaks for 0%, 10%, and 

25% collagen/PCL blend conditions. 

Figure 2.2 Effect of hydration for 3 d on electrospun fiber organization. Shown are SEM images 

for 0% collagen (A) before and (B) after hydration, as well as 10% collagen (C) before and (D) 

after hydration. 
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2.3.1  Impact of varying collagen ratio on recruited peritoneal cells 

H&E staining of the cross-sections of the implanted samples shows the 

infiltration of cells and the deposition of the tissue within the electrospun conduits 

(Figures 2.3(A)–(C)). Cellular infiltration appeared to systematically decrease with 

increasing percent collagen, with the highest infiltration within PCL conduits. 

 

 

 

 

Recruited cell expression of contractile markers (i.e. Acta2 and Cnn1) (Figure 

2.4(A)), an activated SMC marker (Thbs2) (Figure 2.4(B)), an inflammatory by-

product marker (Spp1) (Figure 2.4(B)), and macrophage markers (Cd 68 and Cd 80) 

(Figure 2.4(C)) were quantified after 4 weeks of implantation. Expression of Acta2, 

a marker expressed by both myofibroblast and SMCs, was the highest for the 10% 

collagen blend condition, and significantly higher than the 25% collagen blend 

Figure 2.3 Effect of incorporating collagen on recruited peritoneal cell infiltration within the 

conduits and ECM composition. Representative H&E stained images are shown for 0 (A) and 10 

(B), and 25% w/w (C) collagen/PCL. Cell nuclei are stained purple and cell cytoplasm and ECM 

are stained pink. Outer surface of the conduits is seen on the right side. 
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condition (p  =  0.042). Cells recruited to the 10% collagen blend condition also 

appeared to have a higher average expression for Cnn1, a mid-stage SMC marker, 

although no significant differences were found (p = 0.083) for this sample size. 

Expression of Thbs2 occurred in all conditions, but no significant difference was 

observed. The cellular expression of the macrophage markers observed with 

recruited peritoneal cells appeared to show the opposite trend as the contractile 

markers in response to collagen ratio. The 10% collagen blend condition appeared to 

have a lower expression for both Cd68 and Cd80 compared to the other two 

conditions. However, no significant difference was found between conditions. The 

conduits also expressed OSP, a marker of inflammatory by-product. 
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Immunofluorescence analysis was performed to visualize and further confirm 

the presence of contractile markers (Figure 2.5). Cells recruited to electrospun 

conduits after implantation in the peritoneal cavity stained for α-SMA, calponin, and 

thrombospondin. The staining intensity varied for different areas within each 

samples cross-section. However, there appeared to be lower expression of α-SMA 

and calponin within the wall of the conduit for all conditions. 

Figure 2.4 Effect of incorporating collagen on recruited cell phenotype after 4 weeks of 

intraperitoneal implantation. Quantitative gene expression profiles for cells recruited onto the 

conduits. Shown are contractile markers (Acta2 and Cnn1)  (A), markers for cell proliferation and 

inflammation (Thbs2) and osteopontin (Spp1) (B), and macrophage markers (Cd68 and Cd80) 

(C). These are shown for 0, 10, and 25% w/w collagen/PCL blend conduits.  (*) significance from 

25% collagen condition.           
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2.3.2  Lipid oxidation analysis 

Oxidation products of AA and LA (i.e. HETE and HODE species) were 

identified in the lipid oxidation chromatographs. In general, adding collagen to PCL 

conduits reduced the accumulation of oxidized lipid species, with the highest 

Figure 2.5 Representative immunofluorescence images for contractile markers (α-smooth muscle 

actin and calponin), and a marker for cell proliferation (thrombospondin) for 0%, 10%, and 25% 

w/w collagen/PCL blend conduits. Nuclei are stained with DAPI and shown in blue. The outer 

surface of the conduits is on the right side. 
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reduction for 25% collagen incorporation (Figure 2.6). When all HETE species were 

considered, the 25% collagen blend conduit had significantly lower (p = 0.034) 

accumulation compared to the pure PCL conduit. The 10% collagen blend conduits 

appeared to also have lower accumulation compared to pure PCL (p =0.079), but this 

was not statistically significant. A similar trend was observed for all HODE species, 

but no significant differences between the conditions were observed. Analysis of 

individual species, 11-HETE, and 13-HODE, appeared to show a decrease in levels 

of oxidation with increasing percent collagen incorporation. However, no significant 

differences were observed between conditions. 
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Figure 2.6 Lipid oxidation chromatographs and results for oxidation products of AA ((A) and 

(C)) and LA ((B) and (D)) for 0, 10, and 25 w/w collagen/PCL blend conduits. The oxidized 

species are normalized to the native species. The sum of several HETE and HODE species for 0, 

10, and 25% w/w collagen/PCL blend conduits are also shown (E). (*) significance from pure 

PCL condition. 
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2.3.3  Mechanical properties of conduits 

Representative stress-strain curves demonstrated differences in percent 

elongation for non-implanted conduits, specifically a higher percent elongation for 

25% collagen blend when compared to 10% collagen blend conduits (Figure 2.7(A)). 

Pure PCL conduits exhibited the lowest percent elongation. The stress-strain curve 

for implanted samples was characterized by a decrease in percent elongation for all 

three conditions (Figure 2.7(B)). In general, representative stress-strain curves for 

both implanted and non-implanted conduits showed that the percent elongation 

increased with increasing collagen content. Yield strains for all conditions were 

greater than 44% (Figure 2.7(E)). For non-implanted conduits, no significant 

difference was observed in tensile modulus between the three conditions (Figure 

2.7(C)). However, with implanted conduits, the tensile moduli for the pure PCL and 

the 25% collagen blend (i.e. 2.32  ±  0.67 MPa and 2.27  ±  0.71 MPa, respectively) 

conduits were significantly higher than the 10% collagen blend conduits 

(1.30  ±  0.28 MPa; p  =  0.01 and 0.02, respectively). No noticeable difference in 

modulus was observed between 25% collagen blend and pure PCL conduits. The 

modulus increased for implanted samples compared to non-implanted conduits, with 

a significant increase seen for 25% collagen blend (~84% increase) and pure PCL 

(~75% increase) conduits (p  =  0.005 and 0.007, respectively). Interestingly, the 

modulus for the 10% conduits decreased after implantation. 
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Figure 2.7 Effect of varying collagen composition on construct mechanics after 4 weeks of 

intraperitoneal implantation. Shown are representative stress–strain curves for conduits, both pre- 

(A) and post-implantation (B). Also shown are tensile moduli (C), UTS (D), and yield strain (E) 

of conduits for all compositions, pre- and post-implantation. Significance from (*) after peritoneal 

implantation, (#) 10% collagen implanted condition, and (&) pure PCL non-implanted condition. 
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UTS was determined for implanted and non-implanted conduits (Figure 

2.7(D)). UTS for non-implanted conduits exhibited a systematic trend. Significantly 

higher UTS was observed for 25% collagen blend (i.e. 2.49 ± 0.28 MPa) conduits 

compared to pure PCL (i.e. 1.47  ±  0.26 MPa) conduits (p  =  0.003). There was a 

significant decrease in UTS for 10% collagen blend conduits (~44% decrease) after 

4 weeks of implantation (p=0.01).  However, no significant difference was observed 

between 25% collagen blend and pure PCL conduits post implantation. Significantly 

higher UTS was also observed for 25% collagen blend (2.15  ±  0.63 MPa) conduits 

compared to 10% collagen blend (1.17  ±  0.16 MPa) conduits (p  =  0.001). 

2.4  Discussion 

Collagen-based materials, including decellularized matrix products, are 

commonly used for tissue engineering applications because of their ability to modify 

the host response. It seems logical that the incorporation of greater percentages of 

collagen within synthetic scaffolds will improve the host response to the conduit. 

However, this extrapolation from previous data has not yet been verified. Thus, we 

determined the impact of PCL/collagen ratios for electrospun conduits implanted in 

a rat peritoneal cavity model. After 4 weeks of implantation, the impact of collagen 

ratios on recruited cell phenotype, levels of oxidized lipid species, and the 

maintenance of mechanical integrity were analyzed. 
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The electrospinning process was adjusted to generate fibers with average 

diameters around 1 µm with different amounts of collagen. Consistent fiber diameter 

is important because the fiber diameters have been shown to modulate the phenotype 

of macrophages [108]. The similar fiber diameters found for all conditions appeared 

to result in consistent average pore sizes. However, these values are likely 

overestimations of the effective pores sizes because of the 2D nature of the SEM 

images. The electrospinning solution concentration had to be increased from 12% 

w/v to 14% w/v when collagen was included to maintain a similar fiber diameter to 

the PCL control. This could be attributed to the increase in conductivity of the 

solution after incorporating collagen, which would result in smaller fiber diameters 

[109]. Chen et al. suggested that an amphiprotic molecule, like collagen, would 

increase the charge density of the solution [110]. This would cause the fibers to 

stretch more under the electric field and subsequently results in smaller fiber 

diameters [109]. XPS confirmed the presence of collagen within the resulting 

meshes, as well as the linear relationship between the N1s peak height and the 

amount of collagen present in the solutions used to electrospin the meshes. Because 

XPS is a surface technique, these results represent the percentage of collagen to 

synthetic polymer that recruited cells would be exposed to. 

Our results indicated that collagen was retained in the scaffold after 

hydration. There was no difference in the scaffold features after hydration, and the 

sections of collagen-containing scaffolds had significantly higher levels of 
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autofluorescence than the pure PCL scaffolds. Further, our previous study confirmed 

with a hydroxy-proline assay that collagen remained even after 4 weeks of 

implantation in the peritoneal cavity of rats [28]. The literature on the stability of 

collagen with processing is not clear. Some articles have shown significant 

denaturation of collagen when exposed to solvents such as HFIP in the 

electrospinning process, while other that have not [111]. In addition, an article by the 

Wnek lab indicated that collagen retained its α-helical structure after electrospinning 

but became water soluble [112]. Interestingly, they found this same response with 

both HFIP and the more benign ethanol/salt mixtures. In our study, the small amount 

of ethanol we added to help remove our samples from the rod after electrospinning 

may also contribute to the collagen's stability. 

After implantation, the observed decrease in cell infiltration with increasing 

collagen content is consistent with a previous study that compared implanted 

peritoneal conduits with 0% and 25% collagen [28]. This difference in cellular 

infiltration cannot be attributed to differences in initial pore diameter because the 

fiber and pore diameters were similar for all conditions. There has been a few in vitro 

studies that showed the opposite result. These studies showed that the presence of 

collagen or gelatin improves cell migration in to the PCL scaffold [113,114]. 

However, the in vivo system in our study provides a very different environment (e.g. 

proteases and inflammatory cells). For example, collagen remodeling post-

implantation could change the shape of the blend conduits, causing them to lose their 
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porosity. A loss in porosity has been shown to reduce cell infiltration [115], and is a 

probable cause for the lower cell infiltration seen in these blended conduits. In 

addition, the fact that more pro-thrombotic collagen is exposed with increasing 

collagen concentration could also impact cell infiltration in vivo. 

While the peritoneal model presents differences from the arterial 

microenvironment, it is a model system that is used for studying the host response. 

It has also previously been used to grow vascular conduits for 3–8 weeks [25,116]. 

These grafts have been shown to express markers for myofibroblasts and 

macrophages [23]. Further, the recruited peritoneal cells have also been shown to 

express SMC markers in previous studies [24,28]. Similar results in this study 

confirm the presence of cells expressing SMC markers, especially through 

expression of Cnn1, which is considered a later stage SMC marker [117] and is 

responsible for modulating SMCs contractile tone [118]. The presence of contractile 

cells in our conduits is an important finding. The recruitment of contractile cells and 

subsequent production of ECM can be important for integration with the native 

vessel when used as a graft. 

The phenotype of the cells recruited in the peritoneal cavity can be modulated 

by binding to the collagen initially incorporated within the graft [94]. Further, it is 

known that modifications in processing steps for collagen-based scaffolds, including 

crosslinking, can significantly change their response after implantation. Badylak at 

et al. hypothesize that processing steps are important because of the ability for 
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collagen to degrade and release cryptic peptides (e.g. RGD (Arg-Gly-Asp)) 

[93,94,96,119]. The specific binding sequences found on fragmented collagen 

macromolecules have been shown to modulate cell phenotypic response for rat 

SMCs [120]. 

Interestingly, the 10% blend condition in this current study has a higher 

expression of contractile markers compared to the 25% blend condition, even though 

the only difference in processing is that it has less collagen incorporated. The higher 

expression of contractile markers for 10% collagen could be because of the reduced 

cellular infiltration with 25% blend conduits. The lack of cellular infiltration may 

have promoted a more extended inflammatory response in the 25% collagen 

condition. The 10% blend conduits, even after degradation of collagen, appear to 

have had sufficient porosity to allow for cellular infiltration and subsequent 

remodeling. However, it is important to note that the PCR analysis does not provide 

separate information about the cells inside and outside of the conduit wall. The IF 

images suggest that there is a difference between cells inside and outside of the wall. 

The Ratner lab has also found that there are difference in phenotype for cells (i.e. 

macrophages) within the wall of porous scaffolds [121]. It is also possible that the 

gene expression does not necessarily translate to protein production. 

Reduction in levels of oxidized species with collagen incorporation is 

noteworthy since lipid oxidation products can accumulate in vascular grafts that elicit 

an extended inflammatory reaction, causing intimal hyperplasia through SMC hyper-
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proliferation [87,122]. Moreover, there is literature showing that endothelial cell 

migration and the formation of an endothelium is limited by accumulation of 

oxidized lipids within grafts [65]. It is expected that the extent of lipid oxidation will 

be different in the arterial microenvironment compared to the peritoneal cavity (e.g. 

because of different mechanical stimuli). However, all conditions would be exposed 

to similar shear stresses. Thus, the primary variable in that situation would still be 

the scaffold compositions that were tested in the peritoneal model in this study. Lipid 

oxidation has been used as a marker for atherosclerosis [76], but few of these studies 

focus on the oxidation of specific lipids. More importantly, we are not aware of any 

other studies that have used this to analyze the host response to constructs for 

vascular tissue engineering applications. Our results confirm that incorporating non-

crosslinked collagen promotes a positive host response. This may be through 

reducing the period of pro-inflammatory response, as characterized by macrophage 

markers [28]. Even though this current study did not demonstrate any significant 

differences in gene expression for general macrophage markers between the 

conditions, previous studies have demonstrated a difference. In particular, it has been 

shown that the macrophage characteristics changed from four to six weeks after 

peritoneal implantation, suggesting a shift from an M1 to an M2 response [28]. 

Finally, the presence of SMC-like cells in 10% blend conduits could suggest a 

transition from inflammation to positive wound healing. 
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The mechanical properties before and after implantation were also influenced 

by the percentage of collagen within the conduits. For example, the percent 

elongation results are consistent with the study conducted by Lee et al. [123], where 

collagen/PCL blend condition exhibited longer extension under tension compared to 

the pure PCL control. It is clear that mechanical properties change post-implantation 

remodeling. The increase in modulus for all conditions post-implantation is most 

likely due to deposition of tissue that increases the electrospun fiber–fiber 

connections [25]. However, not all mechanical properties are impacted the same by 

implantation (e.g. UTS). The decrease in UTS for the 10% blend conduits could be 

due to the degradation of the collagen macromolecules in the blended conduits after 

implantation. However, 25% blend conduits did not show any significant decrease in 

UTS post-implantation. The difference between the two collagen blends is likely due 

to differences in the scaffold remodeling in vivo. However, this needs to be further 

investigated. The scaffold remodeling will include the composition and organization 

of ECM components such as collagen and elastic fibers, both of which are important 

for vascular grafts. Detailed reviews of elastic matrix composition and strategies to 

improve elastic matrix production are provided elsewhere [124]. 

Vascular scaffolds should have the required tensile strength similar to that of 

the human coronary arteries (~1.8 MPa) [125,126]. This study's results show that the 

25% collagen blend conduits have sufficient tensile strength post-implantation. The 

10% blend and pure PCL conduits had slightly lower tensile strength than the native 
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vessel, but it should be sufficient to sustain physiological forces post grafting. 

Further, the results show that 10% collagen scaffold may be more compliant, which 

is critical to graft patency [10]. 

2.5  Conclusions 

In this study, it was shown that the electrospun fiber diameter can be 

controlled by systematically varying the collagen/PCL ratio in the electrospinning 

solution. These conduits exhibited sufficient yield strain and tensile strength to 

sustain physiological stresses. More importantly, this study demonstrated that 

scaffold composition can be carefully modulated to reduce the levels of oxidized 

lipid species, which is an important criteria to improve the clinical graft viability. It 

was specifically demonstrated that the incorporation of collagen reduced the 

accumulation of oxidized lipid species within the electrospun conduit post-

intraperitoneal implantation. This indicates a reduction in the inflammatory response. 

In addition, incorporating a small amount of collagen (i.e. 10%) into the electrospun 

PCL conduits showed higher expression of contractile markers. However, this same 

effect was not observed when a higher percentage of collagen was included in the 

conduits (i.e. 25%). Similar differences between the 10% and 25% collagen 

conditions were also observed in the mechanical properties. These results suggest 

that the percent of natural material within a synthetic scaffold is an important 

parameter to consider for long-term patency of TEVGs, and further investigation is 
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needed. Overall, the 10% and 25% collagen/PCL blend conduits appeared to exhibit 

promising results for use as TEVGs. 
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Abstract 

Engineered vascular grafts have shown promise as arteriovenous shunts, but 

they have not yet progressed to clinical trials for arteries <4 mm in diameter such as 

the coronary arteries. Control over initial biomaterial properties and remodeling are 

necessary to generate viable grafts.  In this study, we blended collagen with a 

synthetic material, poly(ε-caprolactone), to modulate the post-grafting inflammatory 

response while avoiding aneurysmal-like dilation and failure that can occur with pure 

collagen grafts. We also used pre-implantation in an “in vivo bioreactor” to recruit 

autologous cells and improve patency after grafting. Electrospun conduits were pre-

implanted within rat peritoneal cavities and then grafted autologously into abdominal 

aortae. Conduit collagen percentages and pre-implantation were tested for their 

impact on graft remodeling and patency. Burst pressures >2,000 mmHg, 
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reproducible expansion with systole/diastole, and maintenance of mechanical 

integrity were observed. More importantly, peritoneal pre-implantation reduced 

overall lipid oxidation, intimal layer thickness, and expression of an M1 macrophage 

marker. The condition with the most collagen, 25%, exhibited the lowest expression 

of macrophage markers but also resulted in a thicker intimal layer. Overall, the 10% 

collagen/PCL with peritoneal pre-implantation condition appeared to exhibit the best 

combination of responses, and may result in improved clinical graft viability. 

3.1. Introduction  

Cardiovascular disease in small-diameter arteries is one of the main causes 

of death worldwide. Although autologous vessels (e.g. saphenous veins) are the gold 

standard for bypass grafting, they are not available in more than 30% of the patients 

due to previous harvest or systemic vascular disease [82,127]. Tissue engineered 

vascular grafts (TEVGs) are a promising option [128–130]. However, despite clinical 

trials using TEVGs as arterio-venous shunts, there are currently no TEVGs that have 

progressed to clinical trials for high pressure arteries with diameters <4 mm, such as 

the coronary and peripheral arteries [131]. In addition, heparin-modified expanded 

poly(tetrfluoroethylene)(ePTFE) grafts, such as the Gore Propaten® Vascular Graft, 

are not manufactured at <4 mm in diameter. Graft stenosis and aneurysmal-like 

dilation are among the most important challenges for these applications, and these 

challenges are closely tied to the scaffold properties. It is known that scaffolds can 
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alter cell-signaling pathways, the inflammatory response, and graft viability through 

integrin-mediated mechanotransductive signaling [132,133], and even through 

degradation products of both natural and synthetic macromolecules [134,135].  

Using natural materials for the scaffold has the benefit of enabling cell 

binding through integrin-binding domains and growth-factor binding through growth 

factor specific binding-sequences [136]. While quick enzymatic degradation and 

remodeling of these materials can help with integration [35,137], it can also lead to 

loss of structural integrity and aneurysmal-like dilation [131]. On the other hand, 

synthetic materials are known for having a more controlled, and often slow, 

degradation rate, but they can lack the ability to integrate with the host tissue. 

Blending natural and synthetic materials has been performed for TEVGs and can 

ideally provide the advantages of each component at appropriate ratios [138,139]. 

Most previous strategies have either suggested that there is a linear response 

with adding more collagen to engineered scaffolds or have not considered a range of 

compositions [140]. For example, if a scaffolds consists of a higher ratio of collagen, 

then a greater cell exposure to collagen might be expected. Exposure of cells to 

collagen and its degradation products can modulate macrophage phenotype and 

promote a transition to an M2 phenotype by secretion of cytokines such as interleukin 

10 (IL-10) after in vivo implantation [35,141,142]. It can also impact smooth muscle 

cell (SMC) phenotype by activation of integrin receptors, likely resulting in 

upregulation of the extracellular signal-regulated kinase (ERK) signaling pathway 
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[143–145]. A few studies unrelated to vascular grafts have demonstrated that fibers 

blended with collagen are not homogenously distributed and mainly present collagen 

at the surface [146], which could suggest that further increasing collagen ratio in 

TEVGs might not have a significant impact on the cellular response. However, in 

our previous publication using electrospun blends of the synthetic material poly (ε-

caprolactone) (PCL) and collagen, we showed that a 10% collagen condition 

promoted a higher expression of contractile markers (Acta2 and Cnn1) than both 

lower and higher collagen compositions [147]. In addition, the mechanical properties 

of the scaffold remained unchanged after implantation unlike the lower and higher 

collagen compositions, suggesting that there is also a difference in the graft 

remodeling.  Overall, these surprising results demonstrated that the impact of 

different ratios of collagen blended scaffolds require further investigation, and may 

be important for graft consistency and viability. In addition, it is important to study 

how the ratio will affect the outcome when these conduits are grafted into the artery 

with the important differences in the microenvironment that the cells are exposed to.  

In our previous study, we implanted vascular conduits into the rat peritoneal 

cavity to use it as a model system to investigate the impact of composition on the 

inflammatory response but also as part of an “in vivo bioreactor” strategy to generate 

vascular grafts. This peritoneal TEVG strategy has been used to provide cells with 

components of a physiologic microenvironment as an alternative to a traditional in 

vitro bioreactor [148–152]. One advantage is that the autologous cells recruited 
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directly to a scaffold implanted within the peritoneal cavity can circumvent the need 

to expand primary cells with in vitro culture, avoiding associated phenotypic 

changes. These previous studies demonstrated promise in animal models and 

included detailed expression profiling to characterize the recruited cells, but they did 

not provide the beneficial properties from blended natural and synthetic grafts [148–

151]. In addition, no direct comparison had previously been performed with off the 

shelf direct implants to determine what specific benefits peritoneal pre-implantation 

can provide to address the concern of graft stenosis.   

In this study, electrospun conduits of different compositions – 0, 10, and 25% 

(w/w) collagen/PCL – were implanted in the rat peritoneal cavity as an “in vivo 

bioreactor” to recruit autologous cells. Conduits were subsequently grafted into the 

abdominal aorta of the same rat to investigate the impact of composition and 

peritoneal cavity pre-implantation on graft remodeling after being grafted into the 

arterial microenvironment. After grafting, changes in luminal diameter and percent 

expansion were monitored over time using ultrasound imaging. Grafts were removed 

and analyzed for thickness of intimal hyperplasia, accumulation of oxidized lipid 

species, recruited cells phenotype, and extracellular matrix (ECM) composition after 

6 weeks of grafting. Lipid oxidation was assessed because reactive oxygen species 

(ROS) generated during inflammation can oxidize lipids and accumulation of 

oxidized lipids can prevent vascular regeneration by inhibiting endothelial cell 

migration [153]. Our results demonstrate benefits of peritoneal pre-implantation and 
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the 10% collagen condition. They also demonstrate important considerations with 

some of the markers (e.g., von Willebrand Factor) commonly used to characterize 

TEVG viability. 

3.2. Materials and Methods  

3.2.1 Materials 

All lab supplies were purchased from Fisher Scientific (Pittsburgh, PA) 

unless specified otherwise. High-molecular weight poly(ε-caprolactone) with an 

inherent viscosity of 1.2 dL/g in chloroform was purchased from Lactel Absorbable 

Polymers (Pelham, Al). Lyophilized collagen type 1 from calf skin was purchased 

from Elastin Products Company (Owensville, MO). All antibodies were from Abcam 

(Cambridge, MA) except CD80 was purchased from Biolegend (San Diego, 

California). All primers were designed and purchased from Life Technologies 

(Grand Island, NY) with the exception of primers for Rpl13a and Gapdh, which were 

from Real Time Primers (Elkins Park, PA). 

3.2.2 Conduit Production and Characterization 

3.2.2.1 Electrospinning  

Zero percent, 10%, and 25% blends of collagen/PCL (w/w) were electrospun 

onto a 1.6 mm outer diameter stainless steel mandrel to produce small diameter 

conduits with controlled fiber diameters, as described previously [147]. 
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Electrospinning was performed with a 22 gauge needle using a 15 kV potential, a 

throw distance of 10 cm, and a syringe flow rate of 0.8 mL/h. Fiber diameter was 

kept consistent between conditions by varying the solution concentration in 

1,1,1,3,3,3-hexafluoro-2-propanol (HFIP) from 12 to 14 wt% for the 100% PCL and 

the collagen/PCL blend conditions. In previous work, similar changes in solution 

concentrations did not lead to changes in pore area – as measured from 2-D SEM 

images – as long as the fiber diameters were kept similar [147]. The consistent 

thickness of the conduits and random orientation of the fibers throughout the drum 

circumference was achieved using controllable lateral movement and slow rotation 

(<100 rpm) [154]. Ethanol was used after electrospinning to remove the constructs 

from the rod. Conduits were cut into 1 cm long segments, and stored in a desiccator 

until use. Ends of the conduits were closed using solvent-bonding prior to 

implantation to prevent cell and tissue deposition inside the lumen. 

2.2.2 Conduit Characterization 

Average fiber diameter and average pore area were determined from scanning 

electron microscopy (SEM) images using a JEOL 6380-LV (Peabody, MA), as 

described previously [147]. Images were analyzed using ImagePro Plus® software 

(Media Cybernetics, Bethesda, MD). For analysis of sample surfaces after peritoneal 

pre-implantation, the conduits were dried using critical point drying (Denton 
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Vacuum, Moorestown, NJ) with carbon dioxide. Mounting, sputter coating, and 

imaging was performed the same as electrospun samples without pre-implantation. 

For burst pressure testing, individual conduits were soaked in phosphate 

buffered saline (PBS) and loaded in an Instron LumeGen® chamber integrated 

within an Instron E3000 test frame. Displacement of the Instron actuator pumped 

deionized (DI) water through the inside of the conduits to increase the pressure. To 

prevent leaking from the construct pores, a catheter balloon having a much lower 

burst pressure than the conduit was included inside the conduit [155] (Vention 

Medical). Balloons were secured in place using sutures on either sides. A laser 

micrometer (Keyence, Osaka, Japan) measured the graft diameter in real time. 

Pressure and diameter data were simultaneously recorded with WaveMatrix® 

software and the pressure was increased at the rate of 15 mmHg s-1 until the conduit 

burst. The samples tested prior to peritoneal implantation represent the initial 

properties without degradation since the typical degradation time for PCL is 

approximately two years.  Although blends with collagen incorporation can degrade 

a little faster, negligible degradation would be expected in PBS for the first couple 

of months [156].   

3.2.3 Peritoneal Implantation 

For peritoneal implantation, 4 constructs (1 cm long) were enclosed within 

porous PTFE pouches with 0.045” by 0.025” size diamond shaped pores (McMaster-
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Carr, Robbinsville, NJ) to prevent adhesion of constructs to the surrounding tissue. 

Pouches with enclosed conduits were ethylene oxide sterilized, and subsequently 

implanted intraperitoneally using a ventral laparotomy according to an IACUC-

approved protocol using 200-225 g male Sprague-Dawley rats (Charles River, 

Wilmington, MA) [147]. Constructs were removed after 4 weeks of implantation for 

intra-aortal grafting and analysis of the extra conduits.  

3.2.4 Aortic Grafting 

Conduits were grafted into the infrarenal abdominal aorta of the same rat to 

assess changes while in the arterial microenvironment. Conduits without peritoneal 

pre-implantation but still with grafting into the infrarenal aorta were used as a pre-

conditioning control group (referred to as “control”). The abdominal aorta was 

exposed, the aorta and the vena cava were separated, and then two vascular clamps 

were placed below the renal artery and above the iliac bifurcation. This is a common 

model for vascular grafts because the aorta has a comparable diameter to small-

diameter human coronary and peripheral arteries [157]. The aorta was cut to result 

in a 10 mm gap after elastic recoil. Suturing was performed at the distal and proximal 

anastomoses, with 12-16 interrupted sutures at each side. Afterward, clamps were 

removed to allow blood flow through the graft. After the determination of a pulse 

and the absence of leaking, the cavity was flushed with warm saline and closed, and 



Reprinted from Shojaee M, Wood KB, Moore LK, & Bashur CA, Acta 
Biomaterialia, (2017) 
 

73	
	

then the rats were allowed to recover from anesthesia. A total of 42 rats with viable 

grafts were used to perform both ultrasound and ex vivo end point analyses. 

3.2.5 Ultrasound Imaging  

Ultrasound imaging was used to monitor graft patency and changes in graft 

diameter in vivo using a Vevo 3100 ultrasound platform (Visual Sonics, Toronto, 

Canada). The same grafts were imaged over time at 2, 4, and 6 weeks post grafting. 

B-mode and Pulsed Wave Doppler mode were used to determine graft position and 

patency, respectively. Flow profile was confirmed using Color Doppler mode. M-

mode images were used to monitor changes in the grafts’ luminal diameter from 2-6 

weeks post-grafting. Diameter of the grafts as well as proximal and distal arteries 

were measured during systole and diastole and were averaged for five cardiac cycles. 

Vascular graft diameter, graft diameter normalized to the proximal artery, and graft 

percent expansion through the cardiac cycle were reported.  

3.2.6 Histology 

Tissue sections were stained with hematoxylin and eosin (H&E) to analyze 

construct remodeling and cell infiltration within the scaffold in both the aortic 

environment and the peritoneal cavity, as we have described previously [147]. 

Sections 10 µm thick were prepared and stained. Xylene was avoided since it is 

known to dissolve PCL fibers. After staining, tissue sections were cover-slipped and 
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imaged using a ZEISS Axio Observer A.1 fluorescent microscope (Carl Zeiss 

Microscopy, Thornwood, NY). 

A detailed quantitative analysis of the intimal layer was performed on H&E 

stained cross section images to better characterize the remodeling response. For this 

purpose, a section from the middle of each graft was divided into 4 quarters and the 

intimal layer was measured on 20 sites throughout each quarter. Three samples per 

condition and 4 quarters per sample (n = 12 total) were used for analysis. Results are 

reported as an average intimal layer thickness per condition.  

3.2.7 Lipid oxidation 

After removing the samples from the aorta, the samples were quickly 

transferred to an antioxidant cocktail solution composed of 2 mM diethylene triamine 

pentaacetic acid (DTPA) and 2 mM butylated hydroxytoluene (BHT) in a 2:1 ratio 

to prevent further oxidation. They were sealed under Argon, flash frozen, and 

shipped on dry ice to the Cleveland Clinic Core Services to perform the 

characterizations on a fee basis. High-performance liquid chromatography/ mass 

spectrometry (HPLC/MS) was used to extract fatty acids and oxidized fatty acids, as 

reported previously [147,158]. Briefly, after lipid hydrolysis HCl was added to the 

samples followed by two times liquid/liquid extraction to extract the released fatty 

acids into the hexane layer. The hexane layer was then collected and dried under 

nitrogen flow, and the pellets were resuspended in a 50% methanol/water (v/v) 
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solution. Liquid chromatography with on-line electrospray ionization tandem mass 

spectrometry was used to quantify the levels of fatty acid oxidation products. A C-

18 column (Phenomenex ODS (2), 2×150 mm, 5 µm, Rancho Palos Verdes, CA) was 

used for separation. The HPLC eluent was introduced into a triple quadrupole mass 

spectrometer (Quattro Ultima, Micromass, Manchester, UK) using ESI in negative 

ion mode to quantify the fatty acids and their oxidized products. 

Hydroxyeicosatetraenoic acids (HETE 5, 8, 9, 11, 12, and 15), and their specific 

precursor arachidonic acid (AA) were analyzed. Appropriate hydrolysis and sample 

processing was verified by analyzing Oxo-octadecadienoic acids (oxo-HODE 9 and 

13) as a control [158]. The internal standard 15-HETE-d8 was used to calibrate the 

oxidized fatty acids in the samples. 

3.2.8 Polymerase chain reaction  

Expression of SMC / myofibroblast markers, macrophage markers, and genes 

encoding for ECM components were determined using quantitative real-time PCR 

(qRT-PCR). Aortic grafts and peritoneal constructs were harvested in 350 µL of RLT 

buffer (Qiagen, Vanencia, CA). An RNeasy® Mini Kit (Qiagen) was used to isolate 

RNA according to the manufacturer’s instructions. RNA was quantified using a 

RiboGreen assay (Invitrogen, Grand Island, NY), as described previously [159]. 

Equal amounts of total RNA was reverse transcribed using an iScript® cDNA kit 

(Bio-Rad Laboratories, Hercules, CA) according to the manufacturer’s protocol. RT-
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PCR was performed with a Bio-Rad CFX-Connect Real-Time PCR System (Bio-

Rad) and Power SYBER-Green Master Mix (Applied Biosystems, Foster, CA). 

Specific primers were included for myofibroblasts / SMCs (i.e. α-smooth muscle 

actin (Acta2) and myosin heavy chain (Myh11)), a general macrophage marker (i.e. 

CD68 (Cd68)), an M1 macrophage marker (i.e. CD80 (Cd80)) and primers for 

collagenous matrix (i.e. collagen 1α1 (Col1a1)) and tropoelastin (Eln)) 

(Supplementary Table 1). The gene expression profiles were analyzed using the 

linear regression of efficiency (LRE) method [160,161] and the relative fluorescence 

value was reported by normalizing the resulting copy number to the average 

expression for two reference genes: Ribosomal Protein L13a (Rpl13a) and 

Glyceraldehyde-3-phosphate dehydrogenase (Gapdh).  

3.2.9 Immunofluorescence Staining 

To investigate recruited cell phenotype, tissue sections were stained with a 

contractile marker (α-smooth muscle actin (α-SMA)), endothelial cells markers (von 

Willebrand Factor (vWF) and CD31), and an M1 macrophage marker (CD80). 

Antibody staining was also performed for the ECM components collagen type 1 and 

elastin. Briefly, tissue sections were fixed with 4% w/v EM-grade formaldehyde 

(Electron Microscopy Sciences, Hatfield, PA) in PBS. Sections were then 

permeabilized with 0.1% v/v Triton X-100 (VWR) and blocked with 5% v/v goat 

serum (Fisher Scientific, Pittsburg, PA). Samples were incubated with primary 
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antibodies at 1:100 dilution at 4° C overnight. Depending on the primary antibody, 

either anti-mouse highly-cross absorbed or anti-rabbit Alexa 633 conjugated 

secondary antibodies (Life Technologies) were used. Presence of nuclei were 

confirmed with the nuclear stain 4’, 6-diamino-2–phenylindole dihydrochloride 

(DAPI) contained within the mounting media (Vectashield, Vector Labs, CA). 

Samples were then imaged with a ZEISS Axio Observer A.1 fluorescent microscope 

and a CoolSnap MYO CCD camera (Photometrics, Tucson, AZ) using ImagePro 

Plus® (Media Cybernetics) software. The brightness and contrast were adjusted 

equally for all conditions and the immunofluorescent labeling control (i.e. no primary 

antibody). Samples after peritoneal pre-implantation were adjusted separately from 

samples after grafting because the peritoneal samples had a higher level of 

autofluorescence background. Positive Controls (e.g., aorta for α-SMA and spleen 

for CD80) were included to confirm proper antibody binding.  

3.2.10 Statistics  

Results are presented as the mean ± standard deviation, except for the PCR 

results that are presented as the mean ± standard error. Three SEM images for each 

condition were used for characterization of electrospun conduits for fiber diameter 

(n > 100 fibers/condition) and for pore area. A total of n = 3 samples/condition was 

used for PCR and lipid oxidation studies. For imaging grafts, a total of n = 3 samples 

(3 images/sample) were used to analyze histology and n = 2 samples (3 
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images/sample) for immunofluorescence results. Statistical analysis was performed 

using JMP software. For samples from the peritoneal cavity, statistical significance 

was determined using one-way ANOVA with Tukey posthoc comparisons to 

determine the effect of collagen incorporation. For lipid oxidation data, student t-test 

was used to determine the effect of peritoneal pre-implantation. For the rest of the 

data, two-factor ANOVA with Tukey posthoc comparisons was used to investigate 

the effect of percent incorporated collagen as well as peritoneal pre-implantation on 

the graft response. In all cases, p ≤ 0.05 was considered as statistically significant. 

3.3. Results 

3.3.1 Conduit characterization 

Vascular conduits were fabricated by electrospinning different ratios of 

collagen and PCL (Figure 3.1A). SEM images of electrospun meshes showed 

random orientation of the fibers and consistent fiber diameter between the conditions 

(Supplementary Figure 3.1A). Average fiber diameters were 0.77 ± 0.27, 0.79 ± 0.17, 

and 0.79 ± 0.19 µm for 0%, 10%, and 25% collagen/PCL blend conditions, 

respectively. Semi-quantitative SEM analysis of samples prior to implantation 

indicated average pore areas of 0.78 ± 0.62, 0.67 ± 0.54, and 0.73 ± 0.68 µm2 for 0%, 

10%, and 25% blend conditions, respectively. H&E staining of the peritoneal 

samples showed open and smooth lumen with cell infiltration and tissue deposition 

within the walls after peritoneal implantation (Figure 3.1B). Most samples had a 
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negligible intimal layer after peritoneal implantation, although some samples had a 

thin layer. The thickest layer from histology was for a 25% collagen sample with an 

average intimal thickness of 19.6 µm. Cell infiltration systematically decreased with 

increasing collagen percentage. Tissue deposition and cell adhesion on the surface 

were also observed with SEM images after critical point drying (Supplementary 

Figure 3.1B). As a result, all conditions exhibited lower porosity after pre-

implantation (n = 1 sample / condition). There was significant variability in porosity 

and the ability to recognize electrospun fibers between images. The burst pressure 

for all samples were found to be greater than 2,000 mmHg, and ranged from 2,016 – 

4,137 mmHg with the highest burst pressure being for the 10% conditions (n = 1 / 

condition). This is within the range required for TEVGs according to an ISO 7918 

standard. The average wall thickness was 182 ± 45 µm for all conduits after 

peritoneal pre-implantation. 

Gene expression of recruited peritoneal cells was assessed using real-time, 

quantitative RT-PCR for a contractile marker (i.e. Acta2), a macrophage marker (i.e. 

Cd68), and extracellular matrix (ECM) proteins (i.e. Col1a1 and Eln). According to 

the results, the 10% collagen/PCL blend had the highest expression of Acta2, a 

marker expressed by both myofibroblast and SMCs, and the expression was 

significantly higher than the 25% collagen blend condition (p = 0.028) (Figure 3.1C). 

The 10% collagen/PCL blend also had higher expression for Eln compared to 25% 

(p = 0.037), and appeared to have a higher expression than 0% collagen/PCL even 
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though the difference was not statistically significant (p = 0.055). Constructs from 

the peritoneal cavity also expressed Cd68 and Col1α1 but appeared to exhibit a 

different trend than that for the contractile markers and Eln (Supplementary Figure 

3.1C). However, no statistical differences were observed.   

Figure. 3.1. Analysis of conduits before and after peritoneal implantation. Representative 

electrospun PCL conduit with closed ends (A). H&E images of constructs electrospun from 0%, 

10%, and 25% collagen/PCL (w/w) and implanted in the peritoneal cavity for 4 weeks (B). For 

these cross-sections, the lumens of the grafts are at the top. Quantitative gene expression profiles 

for cells recruited to the conduits in the peritoneal cavity (C). Shown are Acta2 (a contractile 

marker) and Eln (an ECM structural protein). (*) Significance from the 25% collagen condition. 
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Supplementary Figure 3.1. SEM images of electrospun conduits produced from different ratios 

of collagen/PCL both prior to (A) and after (B) peritoneal implantation for 4 weeks.  Two images 

are shown for samples after peritoneal implantation to demonstrate variability between different 

spots.  Quantitative gene expression profiles are shown for cells recruited to the conduits in the 

peritoneal cavity for Cd68 (a macrophage marker) and Col1a1 (an ECM structural protein) (C). 
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Immunofluorescence images of samples after peritoneal pre-implantation 

showed negligible staining for the cellular markers CD80, vWF, and CD31 

(Supplementary Figure 3.2).  The expression of α-SMA was limited in the graft wall 

and lumen except for the PCL condition. It was also observed in the tissue deposited 

on the outer surface of conduits, especially for the 10% collagen condition. For ECM 

components, collagen type 1 was expressed in the deposited tissue for all conditions 

(Supplementary Figure 3.3). Collagen type 1 was also observed in the conduit wall 

where there were electrospun fibers, although at lower intensity levels than the newly 

deposited tissue. The intensity of collagen staining within the conduit wall 

systematically increased with increasing initial collagen percentage. Finally, elastin-

containing matrix was sometimes deposited after peritoneal implantation, in 

particular for the outer surface of the 10% collagen condition.      



Reprinted from Shojaee M, Wood KB, Moore LK, & Bashur CA, Acta 
Biomaterialia, (2017) 
 

83	
	

 

Supplementary Figure 3.2. Representative immunofluorescence images 4 weeks after peritoneal 

implantation for a contractile marker (α-SMA) (A), an M1 macrophage marker (CD80) (B), and 

endothelial cell markers vWF (C) and CD31 (D). Nuclei are stained with DAPI (blue). The green 

channel is autofluorescence with increased brightness and contrast to visualize the scaffold 

position. The graft lumen is on the right side 
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3.3.2 Graft viability and percent expansion 

Constructs produced from a range of collagen/PCL ratios with and without 

peritoneal pre-implantation were grafted into the aorta to determine the remodeling 

response (Figure 3.2A). The average graft length was 7.34 ± 1.66 mm, and it was 

adjusted based upon the specific anatomy of each rat. All the grafts, even with 25% 

collagen, could be easily handled and held the sutures. The overall success rate for 

the surgeries was 81.3%. Of the rats that died after surgeries or had an occluded graft, 

we know from observations of “folds” at the anastomoses and from histological 

Supplementary Figure 3.3. Representative immunofluorescence images 4 weeks after peritoneal 

pre-implantation for ECM protein markers collagen (A) and elastin (B). Nuclei are stained with 

DAPI (blue). The green channel is autofluorescence with increased brightness and contrast to 

visualize the scaffold position. The graft lumen is on the right side. 
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staining of the explanted grafts there were issues with suture placement that led to 

initial constriction of the graft in most cases. There were additional rats that did not 

survive due to obvious surgical complications at the time of surgery. 

Position and patency of the grafts was monitored in vivo using ultrasound 

imaging (Figure 3.2B). Quantified analysis of M-mode images (Figure 3.2C) 

suggests that graft luminal diameter becomes closer to the surrounding vessel from 

2 to 6 weeks post-grafting (1.12 ± 0.053 and 1.02 ± 0.049 for all conditions 

combined; where D normalized = 1 indicates it is the same as the aorta). Even though 

the graft diameters appeared to increase slightly with increasing time post-grafting 

(i.e., 2-6 weeks) for most conditions (Supplementary Figure 3.4), it occurred at the 

same time that the diameter of the surrounding aorta was increasing in the growing 

juvenile rats. The grafts also reproducibly expanded with systole and diastole. Graft 

percent expansion significantly decreased with increasing time after grafting and 

increased with the amount of incorporated collagen (p = 0.0008 and p < 0.0001, 

respectively). Considering the individual graft conditions, at the 2 week time point 

25% collagen without peritoneal pre-implantation had a significantly higher percent 

expansion compared to 0% collagen groups with and without peritoneal pre-

implantation (p = 0.0006 and p = 0.0003, respectively). Also, it appeared to have 

higher percent expansion compared to 10% collagen groups with and without 

peritoneal pre-implantation although the differences were not significant (p = 0.051 

and p = 0.083, respectively). At the 2 week time point, the 25% collagen group with 
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peritoneal pre-implantation also had higher percent expansion compared to the 0% 

collagen group without peritoneal pre-implantation (p=0.035) and it seems that it is 

higher compared to the 10% collagen group without peritoneal pre-implantation, 

although it was not significant (p = 0.071).  The percent expansion also significantly 

decreased from 2 to 6 weeks post grafting for the 25% collagen group without 

peritoneal pre-implantation (p = 0.024) (Figure 3.2C). The value we measured for 

percent expansion for the surrounding arteries was 7.29 ± 4.00%. 
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Figure 3.2. Grafting and ultrasound analysis for conduits. Image of a representative 10% 

collagen graft with peritoneal pre-implantation after grafting in a rat aorta (A). Ultrasound B-

mode, Pulsed-wave Doppler, and color Doppler images of the 10% collagen condition (B). The 

ends of the graft are noted with arrows. Ultrasound M-mode image, graft diameter normalized to 

the diameter of surrounding vessels, and graft percent expansion with the cardiac cycle (C). The 

same graft is shown for subfigures A-C. The spot chosen in (C) represents the surrounding artery. 

Percent expansion is shown for individual conditions and the native surrounding artery. The data 

was also combined to show the effect of time and composition. (*) Statistical difference from 25% 

collagen without peritoneal pre-implantation at 2 weeks post-grafting. (#) Statistical difference 

from 25% collagen with peritoneal pre-implantation at 2 weeks post-grafting. ($) Statistical 

difference from 6 weeks. (@) Statistical difference from 0% collagen.  
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3.3.3 Analysis of graft intimal hyperplasia, lipid oxidation, and inflammatory 

response  

H&E staining of the grafts showed a systematic reduction in cell infiltration 

with increasing collagen percentage similar to samples from the peritoneal cavity 

(Figure 3.3A). These images appear to show that pre-implantation in the peritoneal 

cavity reduced the thickness of the intimal layer, at least for the lower collagen 

percentages. Quantification of the intimal layer demonstrated that increased collagen 

content systematically increased thickness of the intimal hyperplasia (Figure 3.3B). 

The 25% collagen samples had a thicker layer of intimal hyperplasia compared to 

Supplementary Figure 3.4. Graft diameter from ultrasound images without normalizing to the 

diameter of surrounding vessels. 
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the 0% collagen conduits (p = 0.0006) and they also appeared to have thicker intimal 

hyperplasia compared to 10% collagen, although it was not statistically significant 

(p = 0.10). Despite the thicker layer for 25% collagen grafts, the intimal layer 

appeared to be a stable layer and did not restrict the flow. Considering individual 

conditions, 0% collagen conditions with and without peritoneal pre-implantation had 

significantly less intimal hyperplasia compared to the 25% pre-implantation 

condition (p = 0.006 and p = 0.027 respectively) (Figure 3.3C). The 10% collagen 

condition with pre-implantation also appeared to have less intimal hyperplasia 

compared to 25% with pre-implantation, although no significant differences were 

found (p = 0.056).  
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Figure 3.3. Graft intimal hyperplasia. H&E stained images of grafts composed of 0%, 10%, and 

25% collagen without and with peritoneal pre-implantation prior to grafting into the aorta (A). 

Shown are cross-sections near the mid-graft. The lumen of the grafts are at the top. Quantified 

intimal hyperplasia thickness measured from H&E images for without and with pre-implantation 

with groups combined to demonstrate the effect of collagen incorporation (B) and with individual 

conditions (C).  (#) Statistical difference from 25% collagen group. (*) Statistical difference from 

25% with peritoneal pre-implantation.  
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Specific arachidonic acid oxidation products were identified by lipid 

oxidation chromatography allowing analysis of the effect of both peritoneal 

implantation and collagen content. Pre-implantation in the peritoneal cavity appeared 

to reduce the accumulation of oxidized lipid species (Figure 3.4A). The highest 

reduction was for 9-HETE species were it was found that grafts with peritoneal pre-

implantation have significantly less accumulation compared to the non-implanted 

ones (p=0.045). Supplementary Figure 3.5 shows a representative graph for 9-HETE, 

11-HETE, and 15-HETE species for individual grafting conditions. A similar trend 

was observed for all of these individual species.   
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Figure 3.4. Lipid oxidation and PCR analysis for grafts. Lipid oxidation results for the grafts 

(A). Shown are grafts with peritoneal pre-implantation vs. the ones without pre-implantation prior 

to grafting into the aorta for different oxidized lipid species. Quantitative gene expression profiles 

of different markers for the effect of pre-implantation (B). Gene expression profiles for the 

macrophage marker Cd68 for with and without implantation combined for each composition and 

for individual conditions (C). Gene expression profiles for contractile markers (Acta2) and 

(Mhy11) and markers for ECM structural proteins (Col1a1 and Eln). (*) significance from without 

pre-implantation. ($) significance from 25% collagen group. (#) Statistical difference from 10% 

collagen group with pre-implantation.  
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3.3.4 Impact of pre-implantation and collagen ratio on recruited cells phenotype 

Expression of contractile and macrophage markers as well as cellular 

expression of the genes for ECM structural proteins were assessed using RT-PCR. 

The results showed that expression of the general macrophage marker Cd68 

decreased with peritoneal pre-implantation (p = 0.012) (Figure 3.4B), and the 10% 

collagen group also had significantly lower expression of Cd68 compared to 25% 

collagen (p = 0.023) (Figure 3.4C). Considering the individual conditions, 10% 

collagen with peritoneal pre-implantation had a significantly lower Cd68 expression 

compared to the 0% collagen group without pre-implantation (p = 0.040). Also, 

Supplementary Figure 3.5. Detailed lipid oxidation results for individual graft conditions. 

Representative oxidized lipid species are shown.  
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differences between 10 % collagen with peritoneal pre-implantation and 25% 

collagen both with and without pre-implantation approached significance (p = 0.055 

and p = 0.051, respectively). Expression of the pro-inflammatory macrophage 

marker Cd80 decreased significantly with peritoneal pre-implantation (p = 0.024) 

(Figure 3.4B). Results for all the individual conditions also showed a decrease in the 

levels of expression for Cd80 with peritoneal pre-implantation, however no statistical 

differences were observed (Figure 3.4C). Overall, expression of Cd80 by the 

recruited cells was at least 3 order of magnitude lower than expression of all other 

genes. 

The cellular expression of collagen (Col1a1) was significantly lower with 

peritoneal pre-implantation in general (p = 0.026) (Figure 3.4B). At the individual 

conditions level, 10% collagen with peritoneal pre-implantation appeared to express 

less Col1a1 compared to 25% without peritoneal pre-implantation, although the 

difference was not significant (p = 0.057) (Figure 3.4D). Expression of tropoelastin 

(Eln), the other ECM structural protein, was also significantly higher for samples 

without peritoneal pre-implantation (p=0.049). However no significant differences 

were observed between individual conditions. Expression of the contractile markers 

Acta2 and Myh11 occurred in all the conditions. 

To characterize the phenotype and spatial distribution of the cells recruited to 

the grafts, immunofluorescence staining was performed. Results for α-SMA and 

CD80 showed staining for the cells present in the grafts wall for PCL samples, both 
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with and without peritoneal pre-implantation, but staining was much lower for any 

of the collagen blended conditions. For the PCL conditions, cells from the grafts wall 

without pre-implantation in the peritoneal cavity also appeared to express higher 

level of α-SMA and CD80 compared to the ones with pre-implantation (Figure 3.5A 

and B). Moreover, α-SMA was expressed in the lumen when there was intimal 

hyperplasia. Positive controls were included and confirmed proper antibody binding. 

Von Willebrand factor (vWF) expression, a functional marker for endothelial cells, 

was observed for the cells in the lumen for all graft conditions, although no clear 

trend was observed between conditions (Figure 3.6A). However, the level of 

expression was higher with a thicker intimal layer, exceeding the level of expression 

for native aorta. In a few samples, there was also vWF expression in the tissue on the 

outside of the graft. Staining for CD31, another endothelial cell marker, showed 

expression in the lumen but not on the outside of the graft (Figure 3.6B). There was 

also some CD31 expression for cells within the graft wall for 100% PCL conditions.     

The presence of ECM proteins was also assessed with immunofluorescence.  

Collagen type 1 was observed within most grafts, but it was generally not very 

prevalent in the tissue deposited in the lumen or outside surfaces after 6 weeks of 

grafting (Figure 3.7A). The generally low levels of collagen type 1 expression in 

deposited tissue as well as high variability between samples within the same 

condition makes it difficult to compare results between individual conditions. There 

was also expression of collagen type 1 co-localizing with electrospun fibers in the 
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conditions where collagen was initially incorporated during electrospinning but not 

for the 100% PCL conditions. The samples both with and without peritoneal pre-

implantation exhibited increased intensity of collagen type 1 staining within the wall 

for the grafts where more collagen was initially incorporated.  All collagen type 1 

levels after grafting were lower than those for the corresponding aorta control.  

Intense staining for elastin was observed in the intimal hyperplasia of most grafts 

with the most intense staining for the inner most layers of the intimal tissue (Figure 

3.7B).  Much of this elastic matrix exhibited a fibrous morphology. There was also 

elastin staining observed near cells within the graft wall and within tissue on the 

outside of the graft for a few samples, but this staining was less prevalent and 

generally less intense than staining within the intimal layer.  Like collagen staining, 

there was also high variability in fluorescence intensity between individual samples. 

Finally, elastin staining intensity was comparable to skin controls with discrete 

elastic fibers but lower than mature aorta controls with elastic lamellae.    
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Figure 3.5. Immunofluorescence staining of grafts and controls. Representative 

immunofluorescence images 6 weeks after grafting for a contractile marker (α-SMA) (A) and an 

M1 macrophage marker (CD80) (B). Arrows point to representative cells expressing CD80. 

Nuclei are stained with DAPI (blue). The green channel is autofluorescence with increased 

brightness and contrast to visualize the scaffold position. The graft lumen is on the right side. 
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Figure 3.6. Endothelial cell marker staining for grafts and controls. Representative 

immunofluorescence images 6 weeks after grafting for vWF (A) and CD31 (B). Arrows show 

where representative cells in grafts and native aortae stained for vWF and CD31. Nuclei are 

stained with DAPI (blue). The green channel is autofluorescence with increased brightness and 

contrast to visualize the scaffold position. The graft lumen is on the right side. 
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Figure 3.7. ECM component staining of grafts and controls. Representative 

immunofluorescence images 6 weeks after grafting for collagen (A) and elastin (B). Images for 

aorta were adjusted with a lower levels of brightness and contrasts for the red channel to avoid 

overexposure. Nuclei are stained with DAPI (blue). The green channel is autofluorescence with 

increased brightness and contrast to visualize the scaffold position. The graft lumen is on the right 

side. 
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3.4. Discussion  

The ability of the graft to maintain patency while keeping its mechanical 

integrity and resisting aneurysmal-like dilation is necessary in order to have a viable 

replacement for occluded small diameter arteries. It has been shown previously that 

pre-seeding the vascular conduit with cellular components such as bone marrow 

mononuclear cells (BMCs) has a beneficial effect on reducing the intimal hyperplasia 

and improving graft patency [162]. In addition, blends of natural and synthetic 

materials can ideally provide the required mechanical properties to prevent 

aneurysmal dilation due to their synthetic component while the natural component 

can improve the cellular response. However, our previous analysis indicates that 

there is a complicated, and non-systematic, impact of conduit collagen ratio on the 

response in the peritoneal cavity. Thus, in this study we performed a detailed 

characterization of vascular grafts generated by implanting electrospun conduits 

containing different ratios of collagen into the peritoneal cavity. After 6 weeks of 

grafting, the impact of peritoneal pre-implantation and collagen ratios on vascular 

graft remodeling, patency, and the inflammatory response were analyzed.  

Conduits for all the compositions showed similar fiber diameter of slightly 

less than 1 µm, which is within the appropriate range for supporting cell attachment 

through contact guidance [163]. The initial conduit wall thickness allowed for easy 

handling and suturing of the final grafts. In addition, all the conditions had burst 

pressures higher than 2,000 mmHg, which exceeds the requirements of the ISO 7918 



Reprinted from Shojaee M, Wood KB, Moore LK, & Bashur CA, Acta 
Biomaterialia, (2017) 
 

101	
	

standard. Mixing collagen with a synthetic polymer helped the conduit to retain its 

strength without crosslinking, as we have also observed previously [147]. This 

appears to allow the retention of at least some of the collagen within electrospun 

fibers after peritoneal implantation. This is supported by collagen type 1 staining 

showing co-localization with the electrospun fibers and a systematic increase in 

intensity with initial collagen content.  The lower intensity of collagen staining 

within the electrospun mesh than in the surrounding deposited tissue could be due to 

a combination of factors: reduced binding of the collagen antibody due to blending 

with the hydrophobic synthetic material [164], partial denaturation of the collagen 

with the electrospinning process, and/or partial loss of collagen after peritoneal 

implantation.  Mixing collagen with PCL may also impact the PCL degradation rate. 

Dulnik et. al. showed that adding 10% collagen to electrospun PCL increases the 

PCL mass loss after incubating in PBS, but they observed only a 2% increase the 

mass loss in the first 10 days and then no further early mass loss after 10 days [156]. 

Therefore, PCL is still expected to have a slow degradation rate when blending with 

collagen that can avoid the concern of early loss of mechanical integrity.  

Some similarities were observed between the peritoneal constructs in these 

results compared to our previous study [147]. For example, cell infiltration within 

the construct walls decreased with increasing amount of collagen even though the 

average pore sizes between conditions appeared to be comparable in the SEM 

images. It is likely that this is due to a partial collapse of the pores for the collagen-
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containing scaffolds in the z-direction, which is difficult to assess by analyzing 2D 

SEM images. Increasing the average fiber diameter is likely to promote better cell 

infiltration within the collagen-containing scaffolds [165], although this will need to 

be balanced with the potential negative impacts of larger topographic features and 

pores on thrombosis and endothelialization in the lumen [166]. In addition, 

expression of contractile markers from the recruited cells were the highest for the 

10% collagen group, similar to our previous study. However, there were some 

important differences with this study. For example, the expression of elastin was also 

investigated and it was higher for the 10% collagen group similar to the increased 

expression of contractile markers. Another simple but important difference is in the 

way that the constructs were fabricated for this study, which involved closing the 

construct ends using a solvent bonding technique. This generally resulted in a clean 

lumen (i.e., reduced tissue and cells inside the graft) that is expected to have 

contributed to the high viability upon grafting. Sometimes a thin intimal or outer 

layer was observed, and it is only the cells on the outer layer that stained for α-

SMA.  The lack of staining for α-SMA for cells within the conduit wall is consistent 

with our previous results [147], and endothelial cells, detected with the markers vWF 

and CD31, were not expected to be recruited in the peritoneal cavity. The lack of 

CD80 staining for these cells indicates that they are not M1 macrophages after 4 

weeks of implantation, but it is possible that they would stain for the general 

macrophage marker CD68 as we have shown in constructs for a previous study [152]. 
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Other studies have characterized the origin of cells recruited in a peritoneal cavity in 

vivo bioreactor [167]. While this current study did not determine the specific types 

of cells recruited after peritoneal implantation, it is clear that the cells on the outside 

of the graft can deposit large amounts of collagen and generally only sparse cells are 

located within the graft wall.   

The 81.3% graft patency rate was similar to the patency rate reported for other 

vascular grafts, including ones with anti-thrombogenic surface modification 

[168,169]. Patency was verified with histology as well as ultrasound. The result that 

the graft diameter approached the diameter of the surrounding vessels by 6 weeks is 

very important because differences in diameters can cause a disruption in blood flow, 

which can have an adverse effect on the phenotype of the vascular cells that are 

present [170]. In addition, the ability of the vascular grafts to expand and contract 

with changes in blood pressure plays an important role in determining graft outcome. 

For example, compliance mismatch is generally considered to be a trigger for 

anastomotic intimal hyperplasia. While vascular tissue engineering studies often 

employ ultrasound techniques, they typically only use ultrasound for basic, non-

quantitative functions. In this study, semi-quantitative analysis was performed on 

ultrasound images to compare the response between different conditions. The results 

demonstrated that all the graft conditions reproducibly expand with systole / diastole. 

The results suggested that the percent expansion values at 2 weeks were closer to the 

surrounding arteries but they decreased over time up to the 6 weeks time point tested. 
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However, the values at 6 weeks are still comparable or higher than ePTFE [171]. 

This decrease was not unexpected because of more tissue deposition and an increase 

in electrospun fiber-fiber connections [172]. In addition, the observed decrease in 

percent expansion with time indicates that the higher percent expansion with 

collagen is not a measure of early fatigue. These results are also consistent with our 

previous study where we observed that tensile modulus increased after implantation 

in the body [147]. However, some other studies where a bioresorbable material was 

used have found that graft compliance or percent expansion increased over time, 

likely due to rapid degradation of the material and can result in loss of graft 

mechanical integrity [173][174]. This stresses the importance of choosing specific 

blended materials and material ratios to maintain structural integrity. Finally, the 

results also showed that there is an increase in percent expansion initially with more 

collagen, which suggests a benefit of collagen incorporation. Further optimization of 

percent expansion can be achieved by adjusting the conduit wall thickness, although 

it still must be within a range that allows for easy suturing. 

Incorporation of collagen also had other impacts on the results including 

reducing the inflammatory response (i.e., macrophage markers). According to 

immunofluorescence images, expression of the pro-inflammatory macrophage 

marker CD80 decreased significantly by incorporation of collagen. However, it is 

not necessarily reflected in the PCR data. One possible reason for this is that the 

sections are for the mid graft whereas the PCR is for the whole graft including the 
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area around the anastomosis where there is potentially more inflammation. Collagen-

rich matrix has previously been shown to impact the general wound healing process 

by stimulating an initial, short inflammatory response that can result in positive 

wound healing [175,176]. This response is likely initiated when the collagen 

fragments bind to particular integrins (e.g., αvβ3), and initiate migration of 

leukocytes and fibroblasts [176,177]. Importantly, recent work has demonstrated that 

it is the shorter duration of the inflammatory response, partially characterized by 

switching of macrophages from a pro-inflammatory (M1) to pro-remodeling (M2) 

phenotype that determines if positive remodeling will occur [64]. Collagenous 

scaffolds are advantageous since they appear to initiate this type of response [175]. 

However, the 25% collagen/PCL grafts appeared to result in a thicker intimal layer 

compared to 0% and 10% collagen/PCL samples. This result is not a surprise since 

collagen type 1, by itself without cells or other scaffold modifications, has been 

suggested to contribute to intimal hyperplasia. For example, collagen has been 

reported to promote transition of SMCs from a contractile to a synthetic phenotype 

[145]. In addition, it has been reported that administrating a specific collagen type I 

inhibitor significantly attenuated anastomotic intimal thickness [178]. The 

interaction with collagen could impact cells that have been recruited with peritoneal 

pre-implantation, migrated from the anastomosis, or deposited from circulating 

blood. Nonetheless, it is important to note that the intimal layer in the 25% 

collagen/PCL TEVGs did not restrict the flow. Further, the better percent expansion 
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with the cardiac cycle for the 25% collagen/PCL condition from ultrasound analysis 

may indicate that the higher collagen content provides better mechanotransductive 

cues to the cells.  

Pre-implantation in the peritoneal cavity also appeared to have an effect on 

reducing the inflammatory response. Expression of the macrophage markers Cd68 

and Cd80 significantly decreased with peritoneal pre-implantation according to PCR 

results and there was also less CD80 expressed with pre-implantation in the 

immunofluorescence images. Lipid oxidation results also showed an apparent benefit 

for peritoneal pre-implantation in reducing the level of oxidized lipids. Macrophages 

are directly involved in lipid oxidation through release of ROS [179]. Further, 

accumulation of these oxidized lipids can cause an extended inflammatory response 

in the vascular microenvironment that can limit endothelial cell migration and the 

formation of an endothelium [153]. Reduction in levels of 9-HETE with peritoneal 

pre-implantation is noteworthy since it has been reported that patients with coronary 

artery disease have elevated levels of 9-HETE [76]. Extended inflammation caused 

by the accumulation of oxidized lipids can also result in SMC hyper-proliferation 

and intimal hyperplasia [180,181]. This is supported by the H&E stained images, 

where it appears that samples without pre-implantation have a thicker intimal layer 

compared to the ones with pre-implantation, at least for the 10% collagen/PCL 

condition. This study did not assess the potential side-effect of peritoneal adhesion 
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formation, but strategies to reduce this potential concern are a part of our ongoing 

work.  

Expression of α-SMA in immunoflurescence images followed the same trend 

as CD80. These results suggest that although the recruited cell are showing 

contractile characteristics, they might be exhibiting more of a myofibroblastic 

phenotype instead of a SMC phenotype. Thus, a reduction in α-SMA might be 

desirable for a graft as described previously by the Breuer group [182]. Cellular 

collagen gene expression was lower for conduits after grafting than for conduits after 

peritoneal implantation (see Figure 3.4D and Supplementary Figure 3.1C), and 

immunofluorescence images correspondingly show that less collagen is present in 

the tissue after grafting. Elastin appeared to show the opposite result, with higher 

cellular gene expression and generally greater immunofluorescence intensity after 

grafting than after initial peritoneal implantation. The lack of mature elastic matrix 

is an important challenge for vascular tissue engineering, so the presence of 

organized elastic matrix is a desirable result. However, it is likely that this elastic 

matrix is not fully mature and lacks the necessary level of desmosine crosslinks to 

resist degradation [183], as Deb et al. have shown for intimal hyperplasia after 

aneurysm induction in rats [184]. Finally, both vWF and CD31 expression were 

observed for cells in the lumen indicating the presence of functional endothelial cells. 

However, higher vWF expression was observed for samples with a thicker intimal 

layer and this expression level was higher than that for endothelial cells in a native 
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aorta. These results agree with other studies that demonstrate that high levels of vWF 

are found with intimal hyperplasia. In one study it was shown that vWF can 

stimulates SMC proliferation with a direct dose-response effect in vitro and that 

hyper proliferation of these cells will lead to intimal hyperplasia [185]. Moreover, in 

pathologic conditions vWF can inhibit mature smooth muscle gene expression by 

impairment of the notch signaling pathway [186]. These results suggests that while 

vWF is known for being a functional endothelial cell protein, its overexpression or 

secretion into the medial layer of the vessel wall can lead to disruption in hemostasis 

[186,187]. Overall, this demonstrates that tissue engineered vascular graft 

approaches, which typically use vWF as a positive marker of endothelial cell 

function, need to consider specific levels of expression and compare these to the 

levels found in healthy, native vessels.    

3.5. Conclusions 

In conclusion, this study demonstrated that vascular conduits can be 

generated by implanting electrospun conduits composed of blends of natural and 

synthetic polymers in the peritoneal cavity of a rat model. The conduits exhibited 

sufficient burst pressure and they were able to reproducibly expand with the cardiac 

cycle. More importantly, this study demonstrated that both peritoneal pre-

implantation and the ratio of natural/synthetic polymer blends appears to have an 

important effect on modulating the inflammatory response. Expression of 
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macrophage markers decreased with pre-implantation and increasing the amount of 

incorporated collagen. Specifically it was shown that pre-implantation has beneficial 

impacts on reducing the accumulation of oxidized lipids and reducing the thickness 

of the intimal layer. However, collagen incorporation seemed to increase the 

thickness of the intimal layer. These results suggest that the percent of a natural 

material within a synthetic scaffold and graft pre-conditioning are important 

parameters to consider for long-term patency of the graft. Overall, the 10% 

collagen/PCL with peritoneal pre-implantation condition appeared to exhibit the best 

compromise results for use as a TEVG. 
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4.1  Introduction 

The concept of using patient’s peritoneal cavity as an “in vivo bioreactor” to 

grow autologous vascular grafts was proposed by Campbell group for the first time 

[23]. They implanted silicone tube into peritoneal cavities of rats and rabbits and 

used the formed fibrous capsule around these tubes as a vascular graft. These grafts 

were shown to stay patent for at least four months. This cavity can supply the 

autologous cells, nutrients, and growth factors as well as serve as a humidified, 

temperature-controlled incubator [5]. Vascular grafts generated in the peritoneal 

cavity have the benefit of being immunocompatible, since they have been grown in 

the patient’s own body. 
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In our previous studies, we aimed to improve this strategy by implanting 

electrospun conduits of different compositions in the peritoneal cavity as the initial 

acellular template instead of silicon tubes [27].  Using these electrospun conduits 

allows us to modulate the recruited cells phenotype as well as alignment of the cells 

and deposited matrix by controlling composition and alignment of the fibers. 

Moreover, the Campbell group did not investigate the long-term performance of their 

graft and the potential of graft dilution and failure, which is a potential concern since 

their graft was composed natural immature materials. We tried to overcome this 

potential concern of by including a synthetic component with slower degradation rate 

within our conduits.  

In a previous study, we showed that vascular grafts composed of blends of 

collagen and poly caprolactone (PCL) and pre-conditioned in the peritoneal cavity 

prior to grafting showed an improved response in reducing the level of expression 

for macrophage markers and the thickness of the intimal layer (Chapter 3). In 

addition, we demonstrated that expression of different cell markers by the recruited 

cells, inflammatory response and mechanical properties of the conduits can be 

modulated by varying graft collagen ratio [27]. The results from the earlier study 

showed that peritoneal pre-implantation and blending natural and synthetic materials 

can improve the results when grafted into the arterial microenvironment. However 

detailed characterization of grafts hemocompatibility to verify benefits of peritoneal 

pre-conditioning and characterize the best collagen ratio is still required, especially 
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since one of the conduit components is collagen type I, that plays an important role 

in the coagulation process.  

In this study, electrospun conduits of different PCL/collagen ratios were 

implanted in a rat peritoneal cavity to generate vascular grafts. After 4 weeks, 

conduits were removed and their interaction with blood and plasma were 

investigated in vitro to assess their application as a vascular graft.  

4.2  Methods and materials 

4.2.1  Materials  

All lab supplies were purchased from Fisher Scientific (Pittsburgh, PA) 

unless specified otherwise. Poly(ε-caprolactone) with inherent viscosity 1.2 dL/g in 

chloroform was purchased from Lactel Absorbable Polymers (Pelham, Al). 

Lyophilized collagen type 1 from calf skin was purchased from Elastin Products 

Company (Owensville, MO).  

4.2.2  Electrospinning of conduits 

Conduits of different ratios of collagen and PCL (0%, 10%, and 25% (w/w) 

collagen/ PCL) were fabricated by electrospinning as it was described previously 

[27]. Briefly, electrospinning was performed onto a 1.6 mm outer diameter stainless 

steel mandrel using a 22 gauge needle, 15 kV potential, a throw distance of 10 cm, 

and a syringe flow rate of 0.8 mL/h. Solution concentration in 1,1,1,3,3,3-hexafluoro-
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2-propanol (HFIP) varied from 12 to 14 wt% for the collagen/PCL blend conditions 

versus the pure PCL ones to keep the fiber diameter consistent between conditions. 

Diameter and orientation of fibers were determined using scanning electron 

microscopy (SEM) images (JEOL 6380-LV, Peabody, MA). Conduits were cut into 

1 cm long segments, and stored in a desiccator until use.  

4.2.3  Conduit implantation into peritoneal cavities 

Four constructs, each 1 cm in length, were enclosed within a 

poly(tetrafluoroethylene) (PTFE) pouch with 0.045'' by 0.025'' size diamond shaped 

pores (McMaster-Carr, Robbinsville, NJ) prior to intraperitoneal implantation [26]. 

After ethylene oxide sterilization, pouches were implanted intraperitoneally 

according to an IACUC-approved protocol using 200–225 g male Sprague-Dawley 

rats (Charles River, Wilmington, MA) using laparotomy, as described previously 

[25]. The pouches with enclosed conduits were removed after 4 weeks of 

implantation and conduits were transferred to freezing medium (DMEM +10% 

FBS+10% DMSO), and stored in liquid nitrogen until use. 

4.2.4  Conduits hemocompatibility  

Blood was taken from the same rat that was used for the peritoneal 

implantation of the construct to minimize complications associated with trans-animal 

blood reactions. Glass cover slips were used as reference thrombogenic material [33].  
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4. 2. 4. 1   Pl at el et a d h esi o n  

I n or d er t o ass ess pl at el et a d h es i o n t o t h e s a m pl es, t h e y w er e i n c u b at e d wit h 

pl at el et -ri c h pl as m a f or 1 h at 3 7 ° C. M or p h ol o g y of t h e a d h er e d pl at el ets w as als o 

d et er mi n e d usi n g s c a n ni n g el e ctr o n mi cr os c o p y. T h e el e ctr os p u n v as c ul ar c o n d uits 

w er e  dri e d  usi n g  criti c al  p oi nt  dr yi n g ( D e nt o n  V a c u u m, M o or est o w n,  NJ ) wit h 

c ar b o n  di o xi d e  t o  k e e p  t h eir  s h a p e  w hil e  dr yi n g,  m o u nt e d  o nt o  al u mi n u m  st u bs, 

s p utt er c o at e d wit h g ol d, a n d t h e n i m a g e d i n a J E O L 6 3 8 0 -L V ( P e a b o d y, M A) S E M 

wit h a w or ki n g dist a n c e of 1 0  m m a n d o p er ati n g at 5  k V.  

4. 2. 4. 2   H e m ol ysis  

H e m ol ysis  a cti vit y  of  t h e  s a m pl es  w as  c h ar a ct eri z e d  b y  a d di n g  dil ut e d 

a nti c o a g ul at e d  bl o o d  t o  t h e  s a m pl es  a n d  i n c u b ati n g  t h e m  f or  2  h  at  3 7  ° C.  Aft er 

c e ntrif u g ati o n at 1 0 0 0 g f or 1 0 mi n, t h e a bs or b a n c e of t h e s u p er n at a nt w as m e as ur e d 

at 5 4 5 n m. Bl o o d dil ut e d i n  st eril e DI w at er a n d s ali n e w er e  us e d as p ositi v e a n d 

n e g ati v e c o ntr ols , r es p e cti v el y. T h e p er c e nt h e m ol ysis of t h e s a m pl e w as c al c ul at e d 

as f oll o ws  [ 3 3]: 

% H e m ol ysis =
! " # $ % " ! & ' ( 	$* 	+ , ( 	# ! - ./ ( 0 ( ! " # $ % " ! & ' ( 	$* 	& ( 2 ! +3 4 ( 	' $ & + % $/ )

! " # $ % " ! & ' ( 	$* 	. $ #3 +3 4 ( 	' $ & + % $/
× 1 0 0  

4. 2. 5  C o n d uit C h a r a ct e ri z ati o n  

E n er g y -dis p ersi v e X -r a y s p e ctr os c o p y ( E D S) w as us e d t o c h ar a ct eri z e a n d 

c o nfir m  t h e  c oll a g e n  c o nt e nt  wit hi n  bl e n d e d  el e ctr os p u n  c o n d uits.  G ol d  s p utt er 
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coated samples were analyzed with an EDS detector. The accelerating voltage was 

maintained at 5 kV. The spot size and number of counts for the gold was also kept 

constant for all the conditions. The presence of collagen was determined by the N1s 

peak in the EDS spectra produced using EDAX Genesis software (EDAX, Mahwah, 

NJ). The spectrum was normalized to the carbon peak for all the conditions and the 

area under the curve corresponding to the nitrogen peak was determined. 

4.2.6  Statistics  

Results are presented as mean ± standard deviation. Three images for each 

condition was used for SEM characterization of electrospun conduits for both fiber 

diameter and EDS. Two samples from 2 different rats were used for characterization 

of platelet adhesion (n=4 image/condition). The hemolysis study was performed with 

3 rats and 2 conduits/rat for n = 6 conduits per assay. Statistical analysis was 

performed using JMP software, statistical significance was determined using one-

way ANOVA with Tukey posthoc comparisons (p ≤ 0.05).  

4.3  Results and Discussion 

4.3.1  Electrospinning  

Vascular conduits were fabricated by electrospinning different ratios of 

collagen and PCL (Figure 4.1A-C). Scanning electron microscopy (SEM) images of 
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electrospun meshes showed random orientation of the fibers and consistent fiber 

diameter between the conditions (~ 1 µm), which is within the range that has been 

reported to support cell attachment and growth [100]. 

4.3.2  Hemocompatibility  

4.3.2.1  Platelet adhesion  

Adhesion of platelets from rat platelet-enriched plasma was assessed with 

critical point drying and SEM analysis (Figure 4.2A-C). Fewer platelets were 

adhered to the electrospun mesh surfaces vs. the glass surface (positive control), and 

the platelets attached to the meshes generally maintained their round morphology 

with few extensions, unlike the glass surfaces where significant activation occurred. 

Importantly, there were also fewer platelets adhered to the surface of 25% collagen / 

PCL constructs with pre-implantation in the peritoneal cavity vs. direct implantation 

Figure 4.1 Electrospun conduits were produced at different collagen ratios in a synthetic 

polymer, PCL. Shown are SEM images for 0 (A), 10 (B) and 25% w/w (C) collagen/PCL 

conduits.  
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(2.0±1.6 ×103 vs 7.2±2.0 ×103 platelets/mm2). When normalized to adhesion on 

glass to enable comparison with other studies, the rat platelet adherence to our pre-

implanted surfaces was less than the human platelet adherence to ePTFE, a standard-

of-care for large diameter vascular grafts, reported elsewhere (0.15 ± 0.12 vs. ~0.60, 

respectively) [33]. 

Collagen is important in the coagulation process, including platelet adhesion 

and activation. However, components in addition to collagen are required for 

thrombosis to occur. Collagen-mediated thrombosis appears to be a sequential 

process with functional vWF required for platelets to bind to collagen and integrin 

α2β1 required to stop the rolling of the platelet on the lumen during blood flow [188]. 

Other studies have reported that 50% w/w collagen/PCL blend TEVGs exhibit 

significant platelet adherence [189]. However, the lower collagen ratio in our 

scaffolds provides promising results with low platelet adherence, potentially because 

10	µm 

A B 

10	µm 

C 

10 µm 

Figure 4.2 SEM image of rat platelet rich plasma incubated on 90 w/w collagen/PCL blend 

conduits with (A) and without (B) peritoneal implantation and glass (C). Arrows show adhered 

platelets. 
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of the response of the synthetic polymer on the surface for the platelets to interact 

with. 

4.3.2.2  Hemolysis  

Results showed that none of the constructs promote hemolysis (Figure 4.3). 

Samples with peritoneal pre-implantation showed slightly higher percentage of 

hemolysis potentially due to formation of ice crystals during cryopreservation of the 

samples. However, this value was still well within the reported range of acceptable 

values (<4% hemolysis) [190,191]. Overall, these results demonstrate the potential 

hemocompatibility benefit of a low level of collagen incorporation and implantation 

in the peritoneal cavity, but this needs to be further confirmed with human plasma. 
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 Figure 4.3 Hemolysis of red blood cells after incubation of whole blood with blend conduits with 

and without peritoneal implantation. 
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4.3.3 Conduit characterization 

The fact that we do not see high levels of platelet adhesions compared to the 

ePTFE and other studies in the literature is very noteworthy.  In addition in previous 

studies we interestingly found that the conduit mechanical and biological response 

does not follow a linear trend with percent incorporated collagen. So, further 

characterization of the scaffolds to better understand the biomaterial mechanism is 

important. We performed a preliminary study to characterize collagen incorporation 

within the scaffolds using EDS. EDS spectral graphs indicated the presence of 

collagen in the 25% blend conduits (Figure. 4.4). The 25% blend conduits had a 

significantly higher area under the nitrogen peak compared to the 10% blend and 

PCL control conditions (p = 0.02 and p = 0.02, respectively). However, no difference 

was observed between the 10% blend and the 0% control conditions. The absence of 

nitrogen peak from the 10% blend condition could be attributed to the general 

challenge associated with using EDS to detect low-mass elements, especially 

considering the low percent of collagen incorporated. However, we have shown 
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previously that nitrogen peak height linearly increases with the amount of 

incorporated collagen using X-ray photoelectron spectroscopy (XPS) [27].   

4.4  Conclusion  

In conclusion, the results of this study show that pre-conditioning vascular 

grafts in the peritoneal cavity prior to grafting improves their interaction with blood.  

Conduits had a significantly lower number of platelets attached to them compared to 

a glass surface and the platelets kept their round morphology. Also a lower number 

of platelets were attached to the conduits that have been into the peritoneal cavity 

compare to the non-implanted ones. Importantly, less platelet were attached to the 

surface of our TEVGs compared to literature value for ePTFE grafts, which are 

common standard of care for large diameter vascular grafts. Hemolysis activities of 

the constructs for all compositions were well within the range of acceptable values. 

Figure 4.4 Distribution of nitrogen on EDS spectra for the three conditions (A), and the EDS 

spectra showing the representative area for nitrogen (380-420 eV) peaks (B) for 0%, 10%, and 

25% collagen /PCL blend conditions. All spectra were normalized to their respective carbon 

peaks. 
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In a preliminary study, we showed ability to detect presence of collagen on the 

surface using EDS. However, more detailed characterization of the biomaterial 

mechanism for the response from different blends of electrospun collagen/PCL is 

required to understand the reason for improved hemocompatibility of the grafts. This 

can include different techniques such as DSC, TEM, and DMA. Overall, these 

preliminary results suggested that peritoneal pre-conditioning has a beneficial effect 

in improving the hemocompatibility of vascular grafts. However, a more detailed 

systematic study with human plasma and a larger sample size (n=6) is required to 

confirm this. Whole blood clotting time should be also analyzed to further study 

thrombogenicity of the samples.  
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Chapter 5: Design and characterization of a novel pouches to minimize peritoneal 

adhesions with in vivo Bioreactor- based Vascular graft strategies 

Kranthi Vuppuluri, M.S., Mozhgan Shojaee, M.S., and Chris A Bashur. Ph.D. 

 

Department of Biomedical Engineering, Florida Institute of Technology, 

Melbourne, FL 

 

5.1  Introduction 

More than 30% of the patients with coronary artery disease do not have a 

suitable autologous vessels available for bypass grafting [192,127]. Tissue 

engineering has been the focus of many research groups as an alternative option 

[193]. However, there are still some challenges with tissue engineered vascular grafts 

that need to be addressed before they can make their way to clinic for this high 

pressure, small diameter application [37]. This includes preventing graft stenosis and 

aneurysmal-like dilation. In a previous study we showed that pre-implantation in the 

peritoneal cavity had a beneficial effect on reducing inflammation and the thickness 

of intimal hyperplasia (Chapter 3). The peritoneal cavity was used as an “in vivo 

bioreactor” to provide the cells with components of a physiologic microenvironment 

and enable autologous tissue generation [5,23,25,27].  
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Although pre-implantation in the peritoneal cavity can provides several 

benefits, one potential concern is formation of peritoneal adhesions. In general, any 

kind of injury or surgery on the peritoneal cavity can cause formation of peritoneal 

adhesions, which can result in complications such as intestinal obstructions and 

chronic visceral pain [67]. Based on the cause and extent of the peritoneal injury, the 

degree of this adhesion can vary from a thin layer of connective tissue to thick fibrous 

tissue with blood vessels and nerves [67]. The extent of formed adhesions can be 

higher when a foreign object (i.e. any implant or the pouch with enclosed conduits) 

is present that keeps stimulating the inflammatory and foreign body response [194]. 

This needs to be considered when generating vascular grafts using peritoneal cavity 

to provide a pathway to clinical transition. Formation of these adhesions cannot be 

avoided completely [67,68]. However, we believe that it can be reduced significantly 

by modification and enclosing the implanted biomaterials with bio-inert materials to 

minimize the inflammatory response and their interaction with the surrounding 

tissue.  

In our previous study, vascular grafts were generated by implanting 

poly(ε−caprolactone)-based electrospun conduits enclosed within an PTFE pouch 

into the rat peritoneal cavity for 4 weeks (Chapter 3). The results demonstrated that 

the constructs remained patent after being grafted autologously for 6 weeks into the 

abdominal aorta, and peritoneal pre-implantation reduced overall lipid oxidation, 

intimal layer thickness, and expression of macrophage markers. This previous study 
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demonstrated that functionality of the grafts fabricated using the peritoneal cavity 

after grafting into the arterial micro-environment. However, the potential side effect 

of formation of peritoneal adhesions are currently a concern for this strategy.  

The goal of the current study is to overcome the potential side effect by 

designing a new novel porous pouch composed of poly(ethylene glycol) diacrylate 

(PEGDA) to replace the PTFE pouches we have used previously. This pouch should 

minimize formation of peritoneal adhesions while simultaneously allowing cell 

recruitment and tissue generation. PEG is a hydrophilic material that shows low cell 

attachment and resistance to protein adhesion that makes it a suitable material for 

enclosing the conduits to prevent formation of the adhesions in the peritoneal cavity. 

In this study, compressive mechanical properties of different PEGDA hydrogel 

concentrations - 10%, 15%, and 20% (w/v) - were determined. In a pilot study, 

electrospun PCL conduits were enclosed in a porous pouch composed of a 15% 

PEGDA hydrogel, implanted in a rat peritoneal cavity for 4 weeks, and the results 

were compared to the PTFE pouch to study the formation of peritoneal adhesions. 

Also one of the constructs from the PEGDA pouch was grafted to the abdominal 

aorta of the same rat for 4 months to characterize the response in the arterial micro-

environment. Graft patency and percent expansion was monitored using ultrasound 

imaging. Cellular infiltration and phenotype of recruited cells were characterized 

using histology staining and immunofluorescence staining, respectively.  
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5.2  Materials and Methods 

5.2.1  Materials 

All disposables, chemicals and biological supplies were purchased from 

Fisher Scientific (Pittsburgh, PA) unless specified otherwise. Poly (ethylene) 

diacrylate (PEGDA) and Irgacure 2959 were purchased from ESIBio (Alameda, 

CA). Polycaprolactone (PCL) with inherent viscosity 1.2 dL/g in chloroform was 

purchased from Lactel Absorbable Polymers (Pelham, AL). PDMS 

(polydimethylsiloxane) was purchased from Ellsworth adhesives (Germantown, 

WI).  

5.2.2  PEGDA Hydrogels fabrication and characterization 

Hydrogels were prepared using PEGDA at 3 different concentration of 10%, 

15%, and 20% (w/v) in DI water at 37°C. Irgacure 2959 was added to this mixtures 

at 0.5% (w/v) while the solution was protected from light. After the PEGDA solution 

was completely dissolved, it was transferred to a custom-made mold to form discs of 

hydrogel with a height of 1.2 cm and diameter of 1 cm. The solution was placed 

under a UV lamp (365 nm) for 10 minutes until the gels were formed. 

5.2.2.1  Mechanical testing of hydrogels 

Mechanical properties of the samples were characterized using an Instron 

E3000 system (Norwood, MA) in compressive mode. Hydrogels at different 

concentrations with a diameter of 1 ± 0.05 cm and a height of 1.23 ± 0.05 cm were 
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subjected to unconstrained compression until failure at a constant compressive strain 

rate of 25 min-1. The stress and strain curves were plotted from the obtained results. 

The ultimate compressive stress was calculated at the end point representing first 

fracture. The percent compression (strain) was calculated from the average strain at 

the first fracture. The sample size was n = 3 at per condition. The tangent modulus 

at 10%, 20% and 30% was derived from the stress and strain curves. 

5.2.3  Peritoneal implantation 

5.2.3.1  Pouch Fabrication 

The pouch was prepared by the crosslinking of PEGDA solutions in custom-

made PDMS molds (Figure 5.1). PDMS was cut in the shape of a hollow rectangle 

to result in a 2.1 x 1.9 x 0.5 cm pouch. A transparent glass piece of dimensions of 

1.8 x 1.3 x 0.25 cm was placed in between the three stacks to make enough hollow 

space in the hydrogel to put the contents inside. The whole set up was sealed with 

parafilm around the perimeter to prevent any leaks. Hydrogels were prepared using 

PEGDA at 15% (w/v) in DI water at 37°C. To this mixture, Irgacure 2959 was added 

at 0.5% (w/v). The solution was protected from light. All of the apparatus was 

disinfected using 70% ethyl alcohol. The solution was filter sterilized, added to the 

PDMS mold, and placed under a UV lamp (365 nm) for 20 minutes until the gels 

were solidified. A sterile glass rod with outer diameter of 1.4 mm was used to 

generate the pores on both sides of the pouch. The purpose of the pores is enabling 

the conduits to become in contact with the peritoneal fluid to allow for cell entry and 
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tissue generation. To investigate the effect of pore densities two different pore 

numbers were tested (3 pores/cm2 vs. 10 pores/cm2). The glass piece was removed 

carefully and the electrospun vascular conduits were placed into the pouch. Two 

silicon tubes were included as well to help prevent the pouch from exerting a pressure 

on the conduits which might result in collapsing of the conduits. The open side of the 

pouch where conduits were inserted from was then closed using additional PEGDA 

solution and a second cross-linking step. The pouches were soaked in DI water until 

use for maximum of 24 hours to prevent any shrinkage. 

Figure 5.1 Schematic of PEG pouch production. The pouch is produced using PDMS molds and 

conduits are placed in. The pouch is then closed with more PEG. 
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5.2.3.2  Implantation of PEGDA pouches in peritoneal cavity 

PEGDA pouches were implanted intraperitoneally into 200-225 g male 

Sprague-Dawley rats (Charles River, Wilmington, MA) using laparotomy. All 

experimental protocols and surgical procedure were approved by the IACUC 

committee at the University of Central Florida where the procedures were performed. 

The pouches along with the enclosed conduits were removed after four weeks of 

implantation for analysis of formed peritoneal adhesions and intra-aortal grafting. 

PTFE pouches and PEGDA strips without any pores or enclosed conduits were also 

implanted as controls. In the case of PEGDA strips, they were implanted 

simultaneously in the same rat as the PEGDA pouches. 

5.2.3.3  Histology  

The conduits and the pouches were mounted in an optimal cutting 

temperature compound (OCT) (Tissue-Tek, Torrance, CA), and frozen at -80˚C until 

use. 10 µm thick cross-sections of the samples were prepared by cryosectioning. 

Sections were fixed using 4% w/v EM-grade formaldehyde (Electron Microscopy 

Sciences, Hatfield, PA) solution in phosphate buffered saline (PBS) for 10 min. 

Hematoxylin and eosin (H&E) staining was performed to analyze construct 

remodeling and cell infiltration within the scaffold and cellular deposition on the 

pouch surface. Imaging was performed using a ZEISS Axio Observer A.1 
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microscope (Carl Zeiss Microscopy, Thornwood, NY) with a ProgRes® SpeedXT 

core 3 CCD camera (Jenoptik, Jupiter, FL).  

5.2.4  Aortic grafting  

In a pilot study, a PCL conduit from one of the PEGDA pouches was grafted 

into the abdominal aorta of the same rat for 4 months to assess changes in the arterial 

microenvironment as described in Chapter 3. Briefly, after isolating the infrarenal 

abdominal aorta, and placing the vascular clamps, the aorta was cut to result in a 1 

cm gap between the proximal and distal anastomoses. One of the conduits was 

grafted using 9-0 nylon interrupted sutures. The abdominal cavity was then closed, 

and the rat was allowed to recover from anesthesia.  

5.2.4.1  Ultrasound Imaging 

To verify graft patency and expansion with the cardiac cycle during the time 

of grafting, ultrasound imaging was performed every 2 weeks for the first 6 weeks 

and then at 3 and 4 months post-grafting. A Vevo 3100 ultrasound platform (Visual 

Sonics, Toronto, Canada) was used to acquire B-mode, M-mode, Pulsed Wave 

Doppler, and Color Doppler images of the graft.  

5.2.4.2  Immunofluorescent Staining (IF) 

After 4 months of grafting in the abdominal aorta the peritoneal conduit was 

removed to study graft endothelialization. IF staining for two different endothelial 
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cell markers (CD31 and vWF) was performed as it was described previously [27]. 

Briefly, cross-sections of the graft were fixed with 4% paraformaldehyde, 

permeabilized using 0.1% v/v Triton X-100 (VWR), and blocked with 5% v/v goat 

serum (Fisher Scientific, Pittsburg, PA). Sections were then incubated with primary 

antibodies at 1:100 dilution for CD31 and 1:200 dilution for vWF overnight at 4° C. 

An anti-rabbit Alexa 633 conjugated secondary antibody (Life Technologies) was 

used. The presence of nuclei was confirmed by the nuclear stain 4’, 6-diamino-2–

phenylindole dihydrochloride (DAPI) contained within the mounting media 

(Vectashield, Vector Labs, CA). Images were acquired using a ZEISS Axio Observer 

A.1 fluorescent microscope and a CoolSnap MYO CCD camera (Photometrics, 

Tucson, AZ).   

5.2.5  Statistics 

Results were presented as mean ± standard deviation for the mechanical 

testing. For peritoneal implantation, n = 1 sample was used for each condition. Aortal 

grafting was performed for only one conduits from the PEGDA pouch. For 

immunofluorescence and histology staining, one rat per condition was used and n = 

3 samples (3 images/sample) were used for analysis. Statistical analysis was 

performed using JMP software. The statistical significance was determined using 

one-way ANOVA with Turkey post-hoc and p≤ 0.05 was noted to be significant.  
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5.3  Results and Discussion  

5.3.1  Hydrogels Characterization 

The generated hydrogels from different concentration of PEGDA were 

transparent. Unconstrained compressive testing was performed to characterize the 

strength of PEGDA hydrogels. Representative Stress-strain curves for different 

PEGDA concentrations are shown in Figure 5.2A. The ultimate compressive strength 

(UCS) was determined at the first break point (Figure 5.2B). The UCS appears to 

increase with increasing PEGDA concentration. This increase can be due to the 

higher density and stiffness of material when more PEGDA is present. However, 

there was no statistical difference observed for this small sample size. The percent 

compression of the hydrogels was measured for the samples (Figure 5.2C). The 

average percent compression for all the conditions was found to be 45% and no 

significant variation was observed between the three concentrations present. Similar 

results were reported by Forte et al. where they showed an increase in fracture stress 

with increasing gelatin hydrogels concentration but the fracture strain stayed almost 

constant [195]. Since the amount of strain in the peritoneal cavity is not known yet, 

the tangential moduli were calculated at 10%, 20% and 30% strain and compared 

between the groups. The results demonstrate that the modulus varied significantly with 

strain level, although the trends between conditions were similar at all strain levels where 

the modulus was calculated. Modulus showed a systematic increase with increasing 

PEGDA density and differences between all PEGDA concentrations were significant for 
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all three tested strains (p< 0.0001 in all cases). This is not unexpected because the 

network density of the hydrogel increases with higher PEGDA concentration and that 

makes the material stronger and stiffer [196].  

  

Figure 5.2 Mechanical characterization of PEGDA hydrogels. Shown are representative stress-

strain curves (A), percent compression at break (B), ultimate compressive stress (C), and tangential 

moduli for different PEGDA concentrations. Significance from (*) 10% PEGDA hydrogen at 30% 

strain, (#) 15% PEGDA hydrogel at 30% strain, ($) 20% PEGDA hydrogel at 20% strain, and (@) 

20% PEGDA hydrogel at 10% strain, (**) 20% PEGDA hydrogel at similar strain rate, (##) 15% 

PEGDA hydrogel at similar strain rate .  

 

A B 
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5.3.2  Peritoneal Implantation 

The pouch with the enclosed conduits was fabricated using 15% PEGDA 

(Figure 5.3) and implanted within the peritoneal cavity of 2 rats. PTFE pouches and 

PEGDA strips without any pores or enclosed conduits were used as the control. 

Pouches were removed after 4 weeks of peritoneal implantation. Figure 5.4A shows 

the PTFE pouch 4 weeks after implantation where the adhesions were formed 

through the pouch. The PEGDA pouch in Figure 5.4B shows that the peritoneal 

adhesions were still present. However, they were significantly fewer adhesions and 

they were not densely formed which allowed easy removal using cue tips. Adhesions 

were mainly formed at the sites where pores were present. The PTFE pouch was 

graded between 2-3 while PEGDA pouch can be graded between 0-1 by compering 

this results with other studies and using the grading scale developed by Coccolinni 

et al. In the case of the PEGDA strip without the presence of any pores, adhesions 

were negligible (Figure 5.4C). While the PEGDA pouch showed favorable results 

with less adhesions, it was observed that the pouches fractured during the period of 

implantation because of the forces they were exposed to inside the peritoneal cavity. 

The stress values in the peritoneal cavity is not certain at this point. Therefore, a 

detailed characterization of the mechanical properties of the hydrogels and better 

understanding of the forces inside the peritoneal cavity is required to develop a pouch 

that can withstand the forces inside the peritoneal cavity.  
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5.3.2.1  Histology 

The H&E staining of the cross-sections of the electrospun conduits showed 

cell infiltration through the conduit walls with no tissue formation in the lumen 

(Figure 5.5). It is evident from the figures that the conduit from the pouch with fewer 

10mm 

A 

10mm 

B 

10mm 

C 

Figure 5.3 Representative PEGDA pouch with enclosed conduits 

 

Figure 5.4 Implantation in the peritoneal cavity and formed adhesions for the PTFE pouch (A), 

PEGDA pouch (B), and PEGDA strip without pores (C). 
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pores had more cellular infiltration when compared to one from the pouch with a 

higher number of pores. However, little can be discussed about this since both the 

pouches were fractured and the sample size was only n=1. So, the implantation will 

have to be repeated with a larger sample size. 

 

 

 

 

 

 

In order to study the cellular response to the implanted pouches, the cross 

sections of these pouches were also stained with H&E (Figure 5.6). In general, there 

was no cells present around the PEGDA pouches and the image represented in figure 

5.6B is one the few spots where any cells outside the hydrogel were observed after 

sectioning. The images showed a significant difference in the morphology of cells 

that were observed on the surface of the PEGDA pouch vs the PTFE pouch. Cells 

recruited to the PTFE pouch showed an elongated morphology with some deposited 

ECM whereas cells from the PEGDA pouch cells showed more of the round 

morphology with less of the dense ECM. While these images can provide some 

Figure 5.5 H&E staining of sections of conduits from PEGDA pouch with 3 pores/cm2 (A) and 10 

pores/cm2 (B).  
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useful information about the inflammatory response to the implanted pouches, 

detailed characterization of recruited cells phenotype using IF staining is necessary. 

 

 

 

 

 

 

5.3.3  Aortal grafting 

A 100% PCL electrospun graft from one of the PEGDA pouches was 

grafted autologously into the abdominal aorta of the same rat for 4 months (Figure 

5.7). Position and patency of the graft was monitored over the grafting period using 

ultrasound images (Figure 5.8). Four months after grafting, the graft was patent and 

exhibited a 4.01% percent expansion with the cardiac cycle, which is better than the 

percent expansion observed after 6 week for most constructs enclosed within PTFE 

pouches (Chapter 3). However a bigger sample size is required to verify this. 

 

 

 

Figure 5.6 H&E stained cross-section of PTFE pouch (A) and PEGDA pouch (B). The arrow shows 

PTFE. No PEGDA hydrogel can be observed after grafting. 
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5.3.3.1 Immunofluorescence staining 

To characterize endothelial cell recruitment to the graft, IF staining for 

endothelial cell markers (CD31 and vWF) was performed (Figure 5.9). Images 

verified presence of endothelial cells in the graft lumen and the formation of a 

continuous layer of endothelial cells. Presence of a functional endothelial layer 

2	mm 

Figure 5.7 Image of a conduit from the PEGDA pouch grafted in a rat aorta 
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within the graft is essential since lack of a functional endothelium will result in 

thrombosis and intimal hyperplasia.	 

 

 

 

 

 

Figure 5.8 Ultrasound analysis for the grafted PCL conduit from the PEGDA pouch 4 months 

after grafting. Shown are B-mode (A), color Doppler (B), Pulsed-wave Doppler (C), and M-mode 

(D). The ends of the graft are noted with arrows.  

5	mm 5	mm 

A B 

C D 



  

139	
	

 

 

 

 

 

 

5.4  Conclusion  

In this study, it was shown that PEGDA hydrogels can be used to replace 

PTFE pouches for the in vivo bioreactor strategy. In particular, the results suggested 

that peritoneal adhesions were significantly reduced compare to the PTFE pouch and 

the PEGDA pouch still allowed tissue generation. It was demonstrated that modulus 

and strength of the hydrogels can be adjusted by varying the concentration of 

included PEGDA. Conduits enclosed within PEGDA pouch demonstrated open and 

smooth lumen without any luminal tissue deposition and appeared to have similar 

cell infiltration within the wall compared to the PTFE pouches during peritoneal pre-

implantation. When grafted to the abdominal aorta, a conduit from the PEGDA 

pouch stayed patent for the tested 4 months, expanded with cardiac cycle, and had a 

continuous layer of endothelial cells covering the luminal surface of the graft. 

Figure 5.9 Immunofluorescence staining of PCL graft 4 months post grafting for endothelial cell 

markers vWF (A) and CD31 (B). Nuclei are stained with DAPI (blue). The green channel is increased 

autofluorescence to visualize the scaffold position. The luminal surface of the conduit is on the left 

side. 
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Overall, it was shown that PEGDA hydrogels are a promising option to replace the 

PTFE mesh for generating vascular grafts within the peritoneal cavity. However, 

more detailed study with the proper sample size is required to verify this. More 

importantly, impact of the PEGDA pouch on long-term peritoneal adhesions after 

pouch removal needs to be investigated. In addition, a detailed characterization of 

mechanical properties of the PEGDA hydrogel and better understanding of the forces 

that are applied in the peritoneal cavity are required to optimize the pouch 

composition and structure and to ensure that it has the ability to withstand the forces 

during implantation and avoid failure.  
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Chapter 6: Conclusion and Future work 

6.1  Conclusion 

The overall goal of this project was to develop a tissue engineered approach 

to produce a small diameter vascular graft with autologous cells recruited from the 

patient’s own body by implanting an acellular conduit in the patient’s peritoneal 

cavity. Toward this goal, three complimentary steps were performed: (1) the 

determination of how the scaffold composition will impact the inflammatory 

response and conduit mechanics inside the peritoneal cavity model, (2) the 

determination of the effect of collagen incorporation and initial peritoneal 

implantation on the vascular graft in vitro hemocompatibility properties as well as 

remodeling and endothelialization after grafting into the rat abdominal aorta, and (3) 

the development of a new pouch to minimize the potential side effect of peritoneal 

adhesions. 

The first task was to determine the feasibility of using the peritoneal cavity 

as an “in vivo bioreactor,” as well as the ratio of collagen/ PCL electrospun conduits 

that limits pro-inflammatory species production inside the peritoneal cavity, 

modulates cells phenotype, and maintains conduit mechanical integrity after 4 weeks 

of implantation (Chapter 2). The results demonstrated that incorporating collagen 

within PCL conduits reduced the accumulation of oxidized lipid species within the 

implanted conduits. In addition, the ratio of collagen had a significant impact on the 
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recruited cell phenotype and construct mechanics. Conduits made of 90% 

PCL/collagen blend showed higher expression of contractile markers; however, 75% 

conduits did not show the same effect. Similar differences were also observed in the 

mechanical properties. All conduits exhibited sufficient tensile strength post-

implantation. Overall, 90% PCL/collagen showed some of the best combinations of 

responses. 

The second task was to determine the effect of the percentage of collagen 

incorporated and initial peritoneal implantation on the graft hemocompatibility, 

viability, and expression of macrophage markers. This was determined through two 

different studies. The first study utilized an in vitro system to study graft 

hemocompatibility (Chapter 4). The results showed that fewer platelets adhered to 

the electrospun mesh surfaces vs. the glass surface (positive control) and the platelets 

attached to the meshes generally maintained their round morphology with few 

extensions, unlike the glass surfaces where significant activation occurred. 

Importantly, there were also fewer platelets adhered to the surface of the constructs 

with pre-implantation in the peritoneal cavity vs. direct implantation. Also, all the 

graft compositions showed <4% hemolysis which is well within the range of 

acceptable values.  The second study was to graft these peritoneal constructs to the 

abdominal aorta and characterize the response (Chapter 3). This study showed that 

grafts reproducibly expanded with systole/diastole and maintained their mechanical 

integrity. More importantly, peritoneal pre-implantation reduced the overall lipid 
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oxidation, intimal layer thickness, and expression of an M1 macrophage marker. 

Increasing the amount of incorporated collagen reduced the expression of 

macrophage markers but also resulted in a thicker intimal layer. Overall, the 10% 

collagen/PCL with peritoneal pre-implantation condition appeared to exhibit the best 

combination of responses, and may result in improved clinical graft viability. 

The third task was to modify the pouch that the conduits are enclosed in 

during the peritoneal pre-implantation step to minimize the concern about formation 

of peritoneal adhesions (Chapter 5). PEGDA hydrogels were used the replace the 

ePTFE mesh because of the ability of PEG to resist cell and tissue adhesion. Results 

from this study showed while PEGDA pouches allowed for cell infiltration and tissue 

generation similar to ePTFE meshes, peritoneal adhesions were significantly 

reduced. In addition, when a conduit from this pouch was grafted into the abdominal 

aorta it maintained its patency and demonstrated expansion with the cardiac cycle for 

the tested 4 months. Immunofluorescence staining of this graft after removal 

confirmed graft endothelialization.  

Through the tasks performed in this research project, three important results 

were achieved: (1) pre-implantation in the peritoneal cavity have been shown to 

reduce the thickness of intimal hyperplasia and reduce expression of inflammatory 

markers and improve interaction of the grafts with blood, (2) a desired collagen/ PCL 

ratio for generation of vascular conduits has been determined, and (3) replacing 
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ePTFE mesh with PEGDA hydrogel as the enclosing pouch materials has been 

shown to have beneficial effect in reducing the peritoneal adhesions.  

6.2  Future Work 

While the results of this research projects are promising, there are some 

important areas where further research is required. Two of these areas include: (1) 

performing more rigorous characterization of PEGDA pouches and (2) performing a 

detailed characterization of the biomaterial mechanism for response from different 

blends of electrospun collagen/PCL. 

6.2.1  Detailed characterization of the PEGDA pouch 

This area of future work is to confirm benefits of using PEGDA hydrogels 

over ePTFE meshes. The pilot study described in Chapter 5 with PEGDA pouches 

showed apparent advantage of this material in reducing peritoneal adhesions. 

However, it was found that the pouch was fractured during peritoneal implantation. 

Therefore, a more detailed study of mechanical properties of PEG hydrogels, better 

understanding of the forces within the peritoneal cavity, and increasing hydrogel 

toughness to be able to withstand these forces are required to generate a functional 

pouch. Results from the pilot compression study showed that hydrogel ultimate 

compressive strength increased by increasing the PEG concentration. However, 

because of the small sample size (n=3) we were not able to detect any statistical 

differences. This assay has to be repeated with a bigger sample size to identify the 
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PEG concentration with the required compression strength (n=6 samples/condition). 

Moreover, compressive forces are not the only forces in the peritoneal cavity. 

Bending forces seems to be the most likely potential mode of failure after 

implantation in the peritoneal cavity. Hydrogels should also be tested using three 

point bending to characterize their bending strength for different compositions. 

Material properties obtained from mechanical testing can be used to generate finite 

element method (FEM) models of pouches with different pore size and numbers to 

predict the best pouch design that can withstand the forces within peritoneal cavity 

and still allow for cell and fluid infiltration within the pouch. PEGDA pouched 

should be produced with the best PEG concentration and pore diameter obtained 

from the experimental and FEM analysis. These pouches should be implanted in rat 

peritoneal cavity for four weeks, and then a construct from each pouch should be 

grafted in the abdominal aorta of the same rat for 6 months to study its long-term 

performance in the arterial microenvironment. Pouches, peritoneal conduits, and 

aortic grafts should be analyzed ex vivo to assess peritoneal adhesions using grading 

systems and phenotype of the recruited cells.  

Based on the preliminary data and previous literature it is expected that the 

PEGDA pouches cause significantly lower peritoneal adhesions. Further decreasing 

the size and number of the pores should also reduce these formed adhesions. It is also 

expected that the pouch with the highest concentration of PEGDA and smaller and 

fewer pores will better withstand the loads within the peritoneal cavity.  
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6.2.2  Detailed characterization of the biomaterial properties 

Results from the implantation of electrospun conduits of different blends of 

collagen/PCL in the peritoneal cavity and intra-aortic grafting of the conduits showed 

a unique response with the 10% collagen/PCL groups vs. the lower and higher 

amount of collagen. Also, we noticed that peritoneal pre-implantation improved the 

interaction of conduits with blood and response after grafting the conduits to the 

aortic microenvironment. This area of future work is to perform a detailed 

characterization of the biomaterial mechanism for these results.  

It is usually believed that the cellular response have a liner relationship with 

the amount of incorporated collagen and the response is improved when a higher 

amount of collagen is present. However, our results suggested that the 10% collagen 

condition promoted a higher expression of calponin, α-smooth muscle actin (α –

SMA), and elastin than both lower and higher collagen compositions. In addition, 

the mechanical properties of the scaffold remained unchanged after implantation 

unlike the lower and higher collagen compositions, suggesting that there is also a 

difference in the graft remodeling. Therefore, the impact of different ratios of 

collagen blended scaffolds and how the ratio will affect the grafting outcome require 

further investigation. One potential explanation for the difference in the response can 

be the distribution and crystallinity of each component within the scaffold. Ratio of 

each component within the blended polymer has a dramatic role on the ability of that 

component to crystallize. For example, in a study using a blend of PEG and PLA at 
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different ratios, it was found that when PEG was included in 20-70% ratio both 

components were able to crystalize. However, when one component composed less 

than 20% of the blend, only the dominant component crystalized and the minor 

component dispersed as an amorphous phase within the major component [52]. A 

similar scenario is possible with PCL and collagen. In this future work, distribution 

and crystallinity of each component should be studied using different 

characterization techniques including DMA, TEM, and DSC. The results from these 

assays will be correlated to the cellular responses we observed in the body in a 

previous studies.  

This future work also included repeating the hemocompatibility assays with 

a larger sample size (n=6) and more assays to study the effect of peritoneal pre-

conditioning and amount of incorporated collagen on the interaction of blood with 

the conduits. This will include repeating hemolysis and platelet adhesion and 

activation for different PCL and collagen compositions using human blood. Whole 

blood clotting time will be also analyzed to further study thrombogenicity of the 

samples.  

6.3  Conclusion 

The focus of this research project was to develop a vascular issue engineering 

approach that uses a patient own peritoneal cavity as an “in vivo bioreactor” to recruit 

autologous cells to the implanted acellular electrospun conduit and provide these 
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cells with the components of the physiological environment. Through this project, 

the biological response to the different ratios of collagen and PCL both within the 

peritoneal cavity and in the aortic microenvironment was determined and the 

composition that gave the best combination of responses was identified. Moreover, 

a technique (producing PEGDA pouches) was developed to reduce the potential side 

effect of peritoneal adhesion formation. Important area of future work include 

performing more rigorous characterization of PEGDA pouches and conducting a 

detailed characterization of the biomaterial mechanism for the response from 

different blends of electrospun collagen/PCL. Successful completion of these next 

steps is envisioned to bring our tissue engineered vascular graft strategy one step 

closer to clinical translation and FDA approval.  
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Abstract 

Tissue engineering approaches for small-diameter arteries require a scaffold 

that simultaneously maintains patency by preventing thrombosis and intimal 

hyperplasia, maintains its structural integrity after grafting, and allows integration. 

While synthetic and extracellular matrix-derived materials can provide some of these 

properties individually, developing a scaffold that provides the balanced properties 

needed for vascular graft survival in the clinic has been particularly challenging. 

After 30 years of research, there are now several scaffolds currently in clinical trials. 

However, these products are either being investigated for large-diameter applications 

or they require pre-seeding of endothelial cells. This progress report identifies 

important challenges unique to engineering vascular grafts for high pressure arteries 

less than 4 mm in diameter (e.g., coronary artery), and discusses limitations with the 

current usage of the term “small-diameter.” Next, the composition and processing 
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techniques used for generating tissue engineered vascular grafts (TEVGs) are 

discussed, with a focus on the benefits of blended materials. Other scaffolds for non-

tissue engineering approaches and stents are also briefly mentioned for comparison. 

Overall, this progress report discusses the importance of defining the most critical 

challenges for small diameter TEVGs, developing new scaffolds to provide these 

properties, and determining acceptable benchmarks for scaffold responses in the 

body. 

A.1  Introduction 

There are several cardiovascular diseases that have been targeted with tissue 

engineered vascular grafts (TEVGs), and there are differences in the native tissue 

and function for these specific applications. Therefore, it can be expected that the 

scaffold and graft requirements for these applications will also vary. The field has 

made a clear distinction between the requirements for large diameter arteries such as 

the aorta, where there are already good non-tissue engineered grafts, and small-

diameter (i.e., < 6 mm)[1] arteries that are more challenging. A distinction between 

TEVGs for low pressure arteriovenous shunts for children with pulmonary artery 

occlusion and TEVGs for coronary or peripheral artery bypass is also sometime 

made. However, the field’s definition of a small-diameter artery does not make the 

important distinction between grafts for arteries 4-6 mm in diameter, where W.L. 

Gore and other companies have developed non-degradable expanded 
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polytetrafluoethylene (ePTFE) grafts with modified luminal surfaces that remain 

viable, and arteries less than 4 mm in diameter which are smaller than the ePTFE 

grafts sold by these companies. Maintaining the viability of grafts less than 4 mm in 

diameter are significantly more challenging than 6 mm diameter grafts, as has been 

shown in both clinical studies and animal models [2].  

This progress report will discuss the specific biomaterial consideration for 

TEVG, with an emphasis on TEVGs < 4 mm in diameter, and it will discuss the 

advantages and limitations with the scaffolds that have currently been tested. These 

small-diameter arteries are some of the more challenging applications, and they are 

associated with significance clinical needs.  For example, coronary artery disease 

causes 1 in every 5 deaths in the United States [3]. Finally, the unique properties of 

blended scaffolds are discussed, and compared with pure synthetic and naturally-

derived materials for their potential to promote endothelialization of grafts < 4 mm 

in diameter without requiring pre-seeding. 

A.2  Particular Challenges that Scaffolds Must Address 

A wide variety of challenges have been proposed as critical for the success 

of a vascular tissue engineering strategy. These examples include: endothelial cell 

function, maintaining patency, promoting elastic matrix generation, 

hemocompatability, avoiding compliance mismatch, and avoiding aneurysmal-like 

dilation. While all of these challenges are good to consider, it can be difficult when 
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reading the large body of literature to know what the most critical challenges are that 

the field needs to address and how the importance of these challenges vary for 

different TEVG applications. These challenges are closely tied to the biomaterial 

scaffold and this information is needed to design appropriate scaffolds for vascular 

grafts. They can be grouped into overall outcomes that can lead to graft failure and 

results that may be important for these overall outcomes.  The direct measures of 

graft viability include:  graft stenosis and potentially occlusion, long-term structural 

integrity, and the ability to remodel and integrate with the surrounding artery (Table 

1). 

Table A.1 Challenges that are considered important for vascular grafts 

Challenges Approaches References 

Stenosis/ Lack of patency   

Thrombogenicity Anti-thrombogenic surfaces  

 • Monolayer of 

functional 

endothelium 

[4–9] 

 • Heparin coating  [10] 

 Endothelial cell retention  

 

[11] 

Intimal hyperplasia 

 

 [4,12]  

Compliance mismatch 

 

 [5–7,12,13]  

Structural integrity   
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Lack of mechanical strength  

 

Balancing degradation rate 

with extracellular matrix 

production  

 

[4,5,12–14] 

Aneurismal like-dilation Elastic fiber generation  

 

[15,16]  

Remodeling/ Integration   [17] 

Innate / adaptive immune 

response 

 

 [4,9,15,18] 

Vasoactivity 

 

 [15] 

Need for graft growth for 

children 

 

 [19] 

Others   

Extended preparation time 

 

 [13,19–22] 

Cell source (Availability, 

effectiveness, and 

variability) 

 [13,17,23] 

 

A.2.1  Direct Measures of Graft Viability  

Graft occlusion is one of the main concerns for small-diameter grafts [24–

26]. For example, Hingorani et al. reported 5 year primary patency rates (i.e., without 

any follow-up intervention) of 24% for ePTFE grafts in infrapopliteal peripheral 

arteries in the leg [27]. For small diameter vessels, graft occlusion typically occurs 
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because of either thrombosis or intimal hyperplasia. Even if full occlusion of the 

vessel does not occur, a high level of stenosis (i.e., restriction of the luminal area) 

can impact graft function. Significant stenosis is often defined as a reduction in the 

luminal diameter of greater than 50% [28,29]. However, occlusion and stenosis of 

grafts for large diameter arteries such as the aorta is not a major concern. Non-

degradable grafts composed of polymers such as Dacron – polyethlene terephthalate 

(PET) – or ePTFE are commonly used for open aortic aneurysm repair.  It is the large 

internal diameter of these arteries that allows the large artery grafts, often defined as 

greater than 10 mm [1], to maintain patency.   

Structural integrity is another concern for TEVGs [4,5,15].  This was a 

concern in the first TEVG developed by Weinberg and Bell [30]. In that study, a 

collagen-based scaffold pre-seeded with endothelial cells, smooth muscle cells 

(SMCs), and fibroblasts did not exhibit high enough burst pressure by itself.  A non-

degradable Dacron mesh had to be integrated to maintain structural integrity. 

Another collagen based TEVG by Hirai et al. ruptured after 2 days in a canine model, 

and this was also corrected by adding a Dacron wrapping on the outside [31]. Finally, 

concerns with aneurysmal-like dilation after 6 months were reported for a TEVG 

composed of a poly-4-hydroxybutyrate scaffold that degrades over a few months 

[32]. These negative results are one reason why there has been hesitancy to test 

TEVGs for high pressure applications in the clinic.  However, there has been progress 

and refinement in the strategies to develop TEVG. More recent extracellular matrix 
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(ECM)-based grafts that have been matured in a bioreactor prior to grafting have 

exhibited high enough initial burst pressures (i.e., similar to autografts), and did not 

exhibit aneurysmal-like dilation in clinical trials as an arteriovenous shunt [33,34]. 

Some of the TEVGs tested in animal models or in the clinic were only exposed to 

relatively low pressures (e.g., the pulmonary artery pressures that which are typically 

under 8-20 mmHg at rest). However, others have maintained their integrity for 

extended times in high pressure applications. Overall, it appears that TEVGs 

strategies can be developed that meet the requirements for long-term mechanical 

integrity, but previous history indicates that it is an important property that must be 

carefully considered for all TEVG strategies. This is especially important for high 

pressure applications.  

The ability for a graft to remodel and integrate is the last important outcome.  

This is a central goal of any tissue engineering approach, and can present several 

advantages including the ability of the graft to remodel over time and prevent fatigue 

and mechanical failure.  In addition, there are certain applications for TEVGs where 

remodeling is especially critical for long-term graft function. This includes arterio-

venous shunts for pediatric patients with pulmonary artery occlusion where these 

children require a graft that grows with them as they grow.  Otherwise, they will 

require follow-up surgery. For cardiovascular diseases that typically affect adults 

(e.g., coronary artery disease), it is not as critical to have a tissue engineered graft 

that can remodel instead of one that is more bioinert. However, peripheral arteries < 
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4 mm in diameter (i.e., infrapopliteal arteries) require either a tissue engineered graft 

or pre-seeding of endothelial cells to avoid graft occlusion. There are limitations with 

the current treatment options (e.g., autograft availability, concerns with a purely 

synthetic prosthesis, and limitations of endovascular repair with stent grafts for 

peripheral arteries) [35]. In these situations, there are negative remodeling events that 

need to be avoided to maintain graft viability. These negative remodeling events can 

lead to the concerns of graft occlusion or loss of integrity described above.  

Many of the other challenges for vascular grafts can be considered causes of 

graft failure due to occlusion or loss of structural integrity.  This sub-grouping is 

helpful because these challenges are often described as critical for graft success, and 

yet there may be alternative options in some situations that can be employed to 

provide graft viability.  For example, a functional endothelial cell layer is typically 

considered one of the main requirements for TEVGs.  However, larger diameters 

arteries and even arteries within the range of 4-6 mm in diameter have been shown 

to remain patent without pre-seeding a confluent monolayer of endothelial cells. [36]. 

In the case of larger diameter arteries, this just requires a relative non-thrombogenic 

material such as ePTFE.  For arteries 4-6 mm in diameter, this ePTFE surface must 

be further modified to be more hemocompatible [36]. The products in clinical use 

involve covalent attachment of heparin to the luminal surface to provide a more 

extended exposure. This appears to provide enough time for the formation of an 

endothelial cell layer at the anastomoses with the native vessel while limiting 
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thrombosis, as was shown in a baboon model that was used.  However, it should be 

noted that the mid-graft of clinical-length ePTFE grafts does not endothelialize [26]. 

For arteries less than 4 mm, it is not yet clear what combination or extent of cell 

seeding or surface modification is needed to maintain patency in the clinical 

environment [13,26].  This challenge is acknowledged in a study by Dahl et al., 

where grafts 6 mm in diameter were not pre-endothelialized but grafts 3-4 mm in 

diameter were [37]. Further, there were still limitations with the function of the 

endothelial cell layer for the 3-4 mm grafts in this study. Overall, it would be 

advantageous if a TEVG could be design so that pre-seeding of endothelial cells is 

not required. The different requirements for different sized grafts illustrates the 

importance of understanding the potential mechanisms of graft failure. 

A.2.2  Important Causes of Graft Occlusion  

Graft occlusion is typically caused by acute thrombosis or intimal 

hyperplasia.  With thrombosis, platelets are activated upon exposure to the graft.  

Grafts with smaller diameters have a more significant concern of thrombosis because 

of the longer residence time that the platelets have to interact with the luminal surface 

[38].  In the native vessel, it is the layer of functional endothelial cells that makes the 

surface non-thrombogenic.  Without these cells, the blood is exposed to pro-

thrombogenic collagen type IV and other ECM components in the basement 

membrane.  This is an important consideration for TEVGs designed with naturally-
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derived scaffolds. There is also a range of hemocompatibilities for synthetic 

polymers. Surface modification with naturally anti-thrombogenic molecules (e.g., 

heparin) or controlled delivery of molecules to modify endothelial cell phenotype are 

also an options that are being pursued [39,40].  Key properties for assessing surface 

hemocompatibility include preventing platelet adhesion and activation and making 

sure that the surface is biocompatible to avoid lysing red blood cells.  Concerns with 

thrombosis will typically be observed in the early or acute stage after implantation 

of the graft in the body.    

Intimal hyperplasia is more of a concern for late-stage narrowing or occlusion 

of grafts.  This occurs when a cellular component within the graft becomes 

hyperproliferative and also deposits ECM. These can either be intimal SMCs that 

migrate from the surrounding artery or cells that were pre-seeded in the graft.  Either 

way, this process leads to a reduction in the internal diameter of the graft and 

obstructs blood flow.  It is important to note that the all grafts will exhibit some 

degree of intimal hyperplasia, and this occurs partially because of the blood flow 

profile, independent of the scaffold material.  For example, it has been shown in a 

baboon model that a decellularized scaffold exhibited an initial increase in intimal 

tissue that then subsides at later time points. They attributed this result to normal 

changes in the blood flow profile at surgery [37]. Suture placement with grafting can 

also impact the flow profile and can also be a confounding factor.  The scaffold 

properties also have an impact on intimal hyperplasia by changing how the cells 
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respond. In healthy tissue, endothelial cells help SMCs to maintain a quiescent, 

contractile phenotype. Scaffold compositions and surface chemistries can be adjusted 

to maintain this contractile SMC phenotype.  For example, the incorporation of 

elastic matrix has been shown to promote a more contractile phenotype for SMCs 

than pure collagen scaffolds alone [41,42]. In addition, the impact of the 

inflammatory response must be considered after grafting in vivo.         

The mechanical properties of the scaffold is also important for preventing 

intimal hyperplasia in the graft. Intimal hyperplasia is typically greater at 

anastomoses with the native artery, and this is at least partially because of compliance 

mismatch with the surrounding vessel [43]. This leads to hyperproliferation of the 

cells near the edges of the graft.  The phenotype of the endothelial cells can also be 

affected by the wall shear stress resulting from compliance mismatch. This further 

reduces the regulation of the hyperproliferative cells.  Mechanotransductive cues 

from the stiffer surfaces typically found with TEVGs can also impact endothelial cell 

function in the absence of wall shear stress [44].   

For arteries < 4 mm in diameter, it appears that both a non-thrombogenic 

surface and a surface that supports endothelial cells may be needed [45].  One 

approach has been pre-seeding of endothelial cells onto a surface that supports their 

retention and function. Others are actively considering pre-seeding endothelial 

progenitor cells (EPCs) [14]. Finally, another approach is to biologically modify the 

intimal surface of an acellular graft and to recruit cells after implantation [35]. 
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Overall, these approaches suggest that more than a scaffold is needed to reduce the 

extent of intimal hyperplasia. However, the scaffold properties will impact 

endothelial cell attachment and function as well as progenitor cell differentiation into 

the endothelial cell lineage. The scaffold could also impact EPC homing for 

strategies that intend to recruit them in vivo. Importantly, the incorporation of a cell 

component must also be balanced with potential concerns for intimal hyperplasia, 

both when pre-seeding or recruiting cells in the body.   

A.2.3  Important Considerations for Aneurysmal-like Dilation or Graft Rupture 

The loss of structural integrity for a TEVG after an extended period post-

grafting often involves aneurysmal-like dilation. This can be a concern for TEVG 

scaffolds that degrade quickly. Even in a study by Opitz et al. where their synthetic 

scaffold degraded over several months, aneurysmal dilation was observed around the 

time the original scaffold degraded [32]. A study by L’Heureux et al. tested an ECM-

based TEVGs in a high-pressure artery in both nude rat and non-human primate 

models [46].  They did not observe aneurysmal dilation after 6 months in grafts with 

both multiple cell containing layers and a layer of decellularized matrix in the lumen.  

However, they note that the decellularized layer was required to avoid aneurysmal-

like dilation. Importantly, this layer was still present and only underwent limited 

remodeling up to the 6 months tested. Alternatively, several groups have tested 

TEVGs – e.g., poly(glycolide) (PGA), coated poly(4-hydroxybutyrate) (P4HB), and 
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poly(glycerol sebacate) (PGS) blended with poly(ε-caprolactone) (PCL) – in animal 

models and found that there were no concerns with aneurysmal dilation after the 

initial scaffold degraded [35]. Overall, the ability for a scaffold to provide 

mechanical support while cell-deposited ECM matures is important.  The impact of 

the scaffold on the inflammatory response is critically important for positive 

remodeling and ECM maturation.  Most grafts that lose mechanical integrity expand 

gradually in an inflammatory environment as the grafts continue to be degraded and 

remodeled.   

A good parallel to aneurysmal-like dilation in TEVGs is aneurysms formation 

in a diseased abdominal aorta. In a native artery, the elastic matrix provides the 

elastomeric properties needed for the artery to expand and contract reproducibly with 

the cardiac cycle, and the mature collagenous matrix provides resistance to burst and 

rupture. However, this elastic matrix degrades in an abdominal aortic aneurysm. 

Without intact elastic matrix to maintain the shape of the artery wall, the collagen in 

the artery degrades and remodels throughout several stages.  This leads to 

aneurysmal expansion and eventually wall thinning and rupture if not detected and 

treated.  For TEVGs for high pressure applications, a similar result can occur when 

the scaffold degrades quickly before new mature elastic matrix is able to form. This 

can especially be a challenge because adult cells exhibit limited ability to generate 

functional elastic matrix. There has been progress in developing methods to promote 

elastic matrix generation [47]. In addition, significant elastin generation has been 
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reported in a few TEVG studies [48]. However, most TEVG studies have found 

limited amounts of elastin and there are typically questions about the maturity and 

function of the elastin that is produced. For example, a study by Deb and Ramamurthi 

found that elastic fibers formed in a neointima after induction of an aneurysm in a 

rodent model [49].  However, their detailed analysis of the matrix components found 

that these structures lacked fibrillin-1, an important component of elastic fibers. 

Groups have tried to circumvent this challenge by providing a slowly degrading 

scaffold [50,51], ideally one with elastomeric properties [52]. This has promise, but 

mature ECM must eventually be developed and the long-term inflammatory impacts 

of having a foreign body present for an extended period of time must be considered.        

A.2.4  Important Considerations for Remodeling, and Integration  

Remodeling to mimic the surrounding tissue and integration after grafting in 

the body is typically a goal for tissue engineering. For small diameter vascular grafts, 

some aspects of remodeling are important but others are less important. Vasoactivity, 

or the ability for SMCs in the graft to expand and contract, is one aspect that is 

specific for vascular grafts. This has been mentioned as a challenge for vascular 

tissue engineering [53], and this is one reason why a few groups have incorporated 

SMCs within vascular tissue engineering strategies [54]. With this approach, the 

SMCs can provide contractility, control of vascular tone, and deposition and 

maintenance of the ECM within the graft [1]. However, many of the previously tested 
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TEVGs have already been able to demonstrate a degree of vasoactivity [55,56]. More 

importantly, Nerem et al. concluded that vasoactivity is not a critical concern because 

clinical femoropopliteal bypass surgeries performed by Deutsch et al. using 

endothelial cell coated ePTFE grafts demonstrated very good 9 year patency rates 

without being vasoactive [57,58]. One concern with incorporating proliferative cells 

such as SMCs is that the biomaterial needs to be carefully designed to control the 

cell phenotype and avoid more significant concerns such as intimal hyperplasia, 

which can lead to graft failure. Overall, the eventual remodeling of the graft to a 

structure similar to the native adult blood vessel is not as important for graft viability 

as patency and maintaining structural integrity.  However, there are potential 

negative remodeling results that must be considered, and can result in long-term graft 

failure.  

Many of the negative remodeling concerns relate to the inflammatory 

response.  One of the worst potential outcomes is if an adaptive immune response 

develops.  This can be due to the incorporation of non-autologous cells or potentially 

due to an extended inflammatory response. An additional concern is late stage 

calcification.  Extended inflammation and graft calcification can develop with grafts 

consisting of a slowly-degrading synthetic polymer.  For example, de Valence et al. 

have shown that at extended times in a rodent model (i.e., > 6 months) the response 

of electrospun PCL grafts changes [59]. These grafts demonstrated an increase in 

positive remodeling and an increase in neovascularization up to 6 months, but they 
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also demonstrated a regression in cellularity at 12 and 18 months and late-stage 

calcification. More information is needed to understand this late stage response since 

most animal studies have focused on a shorter period of time. Differences between 

the inflammatory response in animal models and the clinical scenario also elicit 

questions about how well some of the information about vascular graft remodeling 

determined in healthy animal studies relates to the clinical scenario [26,60].  

A.2.5  Other Considerations  

There are other concerns that are important for the viability of TEVGs for 

treating small-diameter arteries.  Many of these are concerns related to clinical trials 

and commercialization, including the time of culture for TEVGs pre-matured in a 

bioreactor, lack of off-the shelf viability, and variability in construct generation due 

to differences in the cell source. These concerns are very important for the ability to 

successfully translate a TEVG strategy to the clinic, and have been reviewed in detail 

elsewhere [35]. For example, these are why many groups, including ours, focuses on 

acellular TEVGs [35,61]. These concerns must be considered along with the ability 

of specific biomaterial scaffolds to provide patency, structural integrity, and the 

ability to avoid negative remodeling responses.  

A.3  Materials Used for Vascular Tissue-Engineering 

A detailed description of the benefits and limitations that have been reported 

for different types of scaffolds is provided below. These include naturally derived, 
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ECM-based, synthetic, and blended scaffolds. Most of the examples highlighted in 

this progress report are for scaffolds that are closer to clinical translation (i.e., in large 

animal models or in the clinic). The TEVGs that are currently in clinical trials also 

represent a range of scaffold-based approaches. In this article, we mostly focus on 

scaffold compositions, but the processing techniques for individual examples are also 

mentioned. Different scaffold properties such as porosity, pore size, crystallinity, and 

surface topography are highly affected by the processing technique. These scaffold 

properties will impact both the cells that interact with the graft as well as the overall 

mechanical properties of the graft. Therefore, these properties play an important role 

in determining the graft success inside the body. A more detailed discussion of 

different processing techniques and their impacts on tissue engineered grafts can be 

find elsewhere [62,63]. 

A.3.1  Naturally Derived Materials  

Naturally derived materials are commonly used for tissue engineering 

applications because they can promote cell repopulation and tissue integration [45]. 

Collagen and other structural proteins in particular can enable cell binding through 

integrin-binding domains [45], growth-factor binding through growth factor specific 

binding-sequences, and quick enzymatic degradation and remodeling that can help 

with integration [58,64].  Silk fibroin and chitosan are naturally derived materials 

that have also been used in TEVGs, but these provide different advantages and 
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disadvantages than structural ECM components found naturally in humans [65]. 

ECM-based materials have been reviewed in detail in several review articles [66,67].  

For vascular tissue engineering, the benefits described above as well as the potential 

to modulate the inflammatory response are reason why they are used in TEVGs.  For 

example, collagen fragments can bind to particular integrins (e.g., αvβ3) and initiate 

migration of leukocytes and fibroblasts [68,69]. This likely helps to modify the 

inflammatory response and the transition of macrophages from the M1 to M2 

phenotype [67]. However, the ECM-based and other naturally derived TEVGs can 

also exhibit significant concerns that can potentially lead to graft failure. The 

advantages and concerns for specific types of natural scaffolds are described below.  

The method of processing of any naturally-derived materials into a three-

dimensional structure is also important to consider. For example, denaturation of the 

proteins has the potential to reduce cell binding and bioactivity, which is one of the 

main reasons to use naturally-derived materials in the first place. The potential to 

denature collagen with processing has been discussed extensively, and different 

results have been reported. For electrospinning, an article by Zeugolis et al. discussed 

findings that showed that their process resulted in extensive denaturation [70]. 

However, Dong et al. showed that their electrospun collagen was able to retain is α-

helical structure even though it became more water soluble [71]. Interestingly, they 

observed the same response both when electrospinning with the harsh solvent 

hexafluoro-2-propanol (HFIP) and more benign ethanol/salt mixtures. It is important 
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to note that these results were found when processing pure protein-based scaffolds, 

and not blended materials. Overall, any processing method has the potential to 

denature naturally-derived materials, and the key is to optimize the processing 

method to reduce the level of denaturation. However, it is also important to note that 

denatured proteins can still have a biological or functional role. One example would 

be denatured collagen (i.e., gelatin) [72].  

A.3.1.1  Purified Components 

Collagens are the most prevalent proteins in the body, and collagen type I is 

important for the burst resistance of native vessels.  This is one reason why the first 

TEVG study by Weinberg and Bell used collagen-based scaffolds [30]. The specific 

type of collagen was not described in this study, but most TEVGs that include 

collagen within the initial graft used acid-solubilized collagen type I [56,73].  

However, relatively few studies have developed pure collagen based scaffolds, and 

important concerns for pure collagen scaffolds include the ability to maintaining 

structural integrity and patency.  Collagen hydrogels are generally weak and require 

a time of maturation for them to exhibit sufficient burst pressure.  The Weinberg 

grafts required a Dacron wrap to withstand arterial pressures, and even with this wrap 

the grafts only withstood pressures of approximately 300 mmHg. The Nerem group 

was able to improve the collagen content, organization, and burst pressure of a bovine 

collagen type I TEVG, as well as demonstate vasoactivity, with cyclic mechanical 
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conditioning for 2 weeks. However, the improved ultimate tensile strength of ~110 

kPa was still well below that of native vessels [56]. An additional concern can be 

aneurysmal expansion, especially if the collagenous scaffold degrades quickly [74]. 

Finally, thrombogenicity is a concern with pure collagen scaffolds.  Most studies that 

used collagen scaffolds were performed in vitro, and they would need an effective 

surface coating or pre-seeded endothelial cells to avoid failure in vivo in small-

diameter arteries. A modification was performed by Huynh et al. by coating the 

lumen of a type 1 collagen-containing graft with a heparin-benzalkonium chloride 

containing complex and it was shown to maintain patency over 90 days in a rabbit 

model [75]. Even with improvements, pure collagen scaffolds are not ideal for 

generating TEVGs.  

Fibrin-based scaffolds are more promising and have been used more often 

than collagen to generate TEVGs [76,77]. Fibrin is included to stimulate the native 

remodeling response. Without initial in vitro maturation, fibrin gels provide weak 

mechanical properties.  However, with maturation in a bioreactor with SMCs or 

fibroblasts, these grafts quickly remodel and the cells deposit a significant amount of 

collagen. For example, a study by Swartz et al. cultured a fibrin gel with SMCs for 

2 weeks before seeding endothelial cells [78].  They found that the TEVGs were 

viable up to the 15 weeks tested in the jugular vein of lambs, but only if the seeded 

endothelial cells were allowed to culture for 10 days before grafting. If they were 

cultured for only 3 days before grafting, then the constructs failed.  However, most 
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studies that have worked with fibrin scaffolds have performed the additional step of 

decellularization. These decellularization strategies after culture are more promising 

because they prevent an immune response and they avoid the challenges of obtaining 

autologous cells. The Tranquillo group has used this approach, allowing their fibrin 

scaffold to culture with ovine dermal fibroblasts for 5 weeks prior to 

decellularization.  They have shown that they are able to achieve initial burst 

pressures of the grafts greater than 4,000 mmHg with optimization of the culture 

conditions [79], which is two times higher than the minimum value described in the 

ISO 7198 standard for vascular grafts. Their grafts remained patent with no 

indication of aneurysmal expansion after 24 weeks in the low pressure femoral artery 

of a sheep model. It is worth noting that these grafts are acellular and do not have an 

inner layer of endothelial cells to promote hemocompatability.  However, 

anticoagulants were used throughout the course of this study, and it is acknowledged 

that this study does not provide information about the thrombogenicity of the grafts.  

One important question is what do these fibrin-based TEVGs contain after 

maturation in culture. It has been demonstrated that these gels consist of a high 

amount of well-organized collagen after in vitro remodeling and before grafting [80]. 

This provides better mechanical properties than fibrin and better properties than the 

relatively disorganized collagen often found with collagen type 1 hydrogels. In 

addition, there are likely proteoglycans, cell-released growth factors bound to the 

matrix, and other matrix components present. These likely impact the response after 
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grafting compared to a pure collagen or fibrin scaffold. These are essentially 

scaffolds with a complex ECM composition at the time of implantation because the 

original scaffold has largely been degraded and replaced with cell-generated matrix.   

A.3.1.2  ECM-Based Scaffolds 

ECM-based scaffolds provide several advantages over scaffolds composed of 

only one naturally-derived material. Several types of ECM based scaffolds have been 

used for vascular tissue engineering (Figure 1). These include scaffolds that have 

been largely replaced with ECM after in vitro culture as well as decellularized whole 

arteries. These scaffolds can provide many components of cell-generated ECM that 

have an important role in the body.  For example, latent TGF-β binding protein can 

bind growth factors and act as a reservoir of these factors, where the growth factors 

are released when the matrix is degraded. These components and their activity can 

also be preserved with proper decellularization. This is an important distinction from 

pure collagen-based scaffolds.    
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ECM deposition and maturation with in vitro culture prior to grafting is a 

popular approach. In these strategies, the original scaffold material degrades over 

this time and is replaced with cell-generated matrix.  This includes the fibrin-based 

approaches described in Section 3.1.1. In addition, two of the TEVGs currently in 

clinical trials use a version of this approach:  Dr. L’Heureux and the company 

Cytograft and Dr. Niklason and the company Humacyte. Both of these companies 

have targeted an arteriovenous shunt for hemodialysis access for patients with end 

stage renal disease. Dr. L’Heureux and Dr. McAllister have also reported in 2007 

Figure A.1 Schematic illustrating different processing techniques for generating TEVGs and the 

types of ECM components expected at the time of grafting. These techniques include seeding 

natural or synthetic scaffold with cells prior to implantation (A), decellularizing native vessels 

(B), and ECM based scaffolds where the majority of the original scaffold has degraded (C).   
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that clinical trials for their graft is ongoing for the coronary arteries, but no 

information about the success of these trials is currently available.  Even though both 

of these strategies use different initial scaffolds and processing techniques, they both 

have the similarity that they have generated mature ECM prior to grafting (Figure 

2). This ECM consists of multiple components that each have an important function 

as well as their organization into some mature structures. For example, the 

Niklason’s group showed the presence of circumferentially aligned collagen types I 

and III as well as fibronectin and vitronectin after in vitro maturation.  The 

L’Heureux’s group verified the presence of collagen and proteoglycans. These 

components likely provide one of the main reasons why both of these strategies have 

shown success in large animal trials.   
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A 
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Figure A.2 Two of the ECM-based TEVGs currently in clinical trials developed by Dr. Niklason 

(A and B) and Dr. L'Heureux (C and D) and colleagues. One component of the decellularized 

TEVG is collagen type I deposited and organized in culture prior to grafting (arrows are pointing 

to areas of staining positive) (A). A TEVG explanted after 6 months in a baboon model 

demonstrates good structure (a: adventitial-like layer formed after implantation and g: graft) (B). 

The other strategy includes two layers prior to grafting: a decellularized internal membrane (IM) 

and the living layer (LL) with cells as demonstrated with an H&E stained cross-section (C). An 8 

week explant of this TEVG from a non-human primates model is shown (arrow indicates suture 

line) (D). (A) and (B) reproduced with permission[126]. Copyright 2011, AAAS. (C) and (D) 

reproduced permission [46] Copyright 2006, Macmillan Publisher Ltd. 
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 The strategy used by Dr. L’Heureux involves generating vascular grafts 

without the use of an initial scaffold [81]. In their approach, an internal decellularized 

membrane and then cell sheets of autologous fibroblasts were wrapped around a 

tubular stainless steel mandrel (4.8 mm inner diameter) and matured in vitro for 10 

weeks. After maturation, the graft lumen was seeded with endothelial cells and pre 

conditioned with flow and pressure. The grafts were implanted as arteriovenous 

shunts in human clinical trials, with 4 out of 9 patients continuing to use the graft 

without further intervention after 20 months. Of the failed grafts, three failed due to 

either thrombosis, dilation, or aneurysm. While this does not appear to be a high 

success rate, it should be noted that these were grafted into high-risk patients that had 

already had previous hemodialysis access failures.   

The approach employed by Dr. Laura Niklason’s group involved tubular 

poly(lactide-co-glycolide) (PLGA) felt scaffolds.  Although a quickly degrading 

synthetic component was part of the original scaffold, the final product was an ECM-

based scaffold. These scaffolds were seeded by human cadaveric donor SMCs, 

subjected to cyclical strain in a bioreactor for 7-10 weeks in vitro, and then 

decellularized subsequently using detergent solutions [37]. This allowed the grafts to 

be an off-the-shelf product that can be stored at 4°C for at least 12 months while 

maintaining their mechanical properties. The ability for a product to be readily 

available is an important consideration for treating many patients that require a 

TEVG, and this makes Dr. Niklason’s strategy promising. For the arteriovenous 
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shunts, these materials were 6 mm in inner diameter and did not involve pre-

endothelialization, although pre-seeding of endothelial cells was performed for the 

smaller diameter grafts that were tested. The 6 mm grafts were tested in a baboon 

model as arteriovenous conduits and they were assessed up to 6 months. The overall 

patency rate was 88%. Clinical trials of these grafts are ongoing. This is a much more 

challenging application than the animal studies, so it will be interesting to see the 

results.  The Niklason group makes an important acknowledgment that the properties 

of the ECM-graft are highly dependent on the phenotype of the donor cells, and that 

variability is expected due to the differences of the age of the donor that the cells are 

isolated from [82].  

Several groups have pursued a strategy involving dellularized allogenic or 

xenographic blood vessels. If properly decellularized, these materials can provide 

active cell signaling factors similar to TEVGs consisting of the cultured cell-

generated ECM. In addition, decellularized vessels can initially provide native ECM 

compositions and structural features, something that is not possible with ECM-based 

TEVGs developed in culture. However, most decellularized vessels exhibit lower 

mechanical properties than native blood vessel [83]. This is partially due to 

denaturation during the decullarization process. Denaturation is highly dependent on 

the detergent and processing steps used to remove the cells. For example, Hwang et 

al. have shown that sodium dodecyl sulfate (SDS) and Triton X-100 cause 

denaturation of triple helical collagen molecules but 3-[(3-
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cholamidopropyl)dimethylammonio]-1-propanesulfonate (CHAPS) and sodium 

deoxycholate (SD) do not. However, all of these four detergents disrupt collagen 

fibrils [84], which reduces the mechanical strength. Chemical crosslinking is 

commonly performed to increase the initial mechanical strength of the vessel, but it 

has been mentioned that chemically crosslinked decellularized vessels tend to fail 

beyond two years due to aneurysmal dilation [85]. This is likely linked to breakdown 

of the scaffold due to a negative inflammatory response. These are important 

limitations to consider with this approach.  

A variety of groups have tested decellularized artery TEVGs in animal 

models[86,87] and in the clinic with varying levels of success. In the clinic, Olausson 

et al. pre-seeded an acellular iliac vein allograft with autologous bone-marrow 

derived endothelial cells and SMCs. This was grafted for bypass of the low pressure, 

large diameter extrahepatic portal vein of a 9 year old patient [88]. The graft was 

patent up to 9 month, but then it required the addition of second graft due to stenosis 

of the original one. This study also mentioned that aneurysm formation can be a 

potential concern but it was not observed in the patient with the graft. In a more 

promising study, decellularized porcine iliac vessels were seeded with EPCs from 

the peripheral blood of sheep and then grafted into the carotid artery [89]. This is a 

high-pressure application with a graft diameter of 4 mm. The grafts with pre-seeding 

stayed patent for 130 days, but the non-seeded grafts occluded within 15 days. Long 

term studies are needed to determine the potential for aneurysmal dilation, thrombus 
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formation, and intimal hyperplasia, as the authors have stated. Finally, a study by 

Conklin et al. used decellularized heparin-treated porcine common carotid arteries in 

a canine carotid artery bypass model [85]. The grafts in two dogs showed similar 

compliance to fresh vessels and burst pressures greater than 1,110 mmHg.  They 

showed that both SMCs and endothelial cells were recruited to this acellular scaffold 

after 2 month. Overall, some decullarized blood vessels have shown promise, but 

careful testing and optimization of the decellularization and storage method will be 

required to make sure that they maintain their mechanical integrity.  

ECM-based TEVGs have also been developed using an in vivo bioreactor 

approach.  With this approach, the body is used to recruit cells and mature the 

construct prior to grafting.  Campbell et al. developed TEVGs with this approach by 

implanting silicone tubes in the peritoneal cavity, using the foreign body response to 

generate a cell-containing ECM, and then grafting the ECM-based TEVG in the high 

pressure arteries [90].  They found that these TEVGs were viable up to the 6 months 

tested in rats, rabbits, and dogs [91]. Our group has been employing a modified 

peritoneal pre-implantation approach using electrospun scaffolds as the initial 

acellular template instead of silicone [92]. Aligned electrospun fibers offer the ability 

to control the circumferential alignment of recruited cells and the alignment of the 

deposited matrix [93]. Our approach, however, should be considered a synthetic 

scaffold approach since the original electrospun fibers are largely intact prior to 

grafting.   
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A.3.2  Synthetic Scaffolds  

One of the major advantages of synthetic scaffolds for TEVGs is that they 

can provide long-term mechanical integrity because of a more controlled and often 

slower degradation profile. Not all synthetic scaffolds degrade slowly, and the TEVG 

generated by the Niklason group is a good example of this. In this progress report, 

we make a distinction between synthetic scaffolds that are mostly degraded and 

replaced with ECM prior to grafting and synthetic materials that are mostly intact 

prior to grafting.  Very different results can be expected between these two different 

type of approaches, and the later is the focus of the discussion below.  Dr. Chris 

Breuer and Dr. Toshiharu Shinoka’s have produced the one synthetic TEVG that has 

been tested in clinical trials, specifically for children with heart malformations 

requiring an arteriovenous shunt to their pulmonary artery. In their approach, a 

scaffold composed of PGA and PCL or poly(L-lactide) (PLLA) were pre-seeded with 

autologous mononuclear cells from bone marrow into a biodegradable scaffold 

shortly before the surgery [34]. They have shown in an animal model that even 

though these are not endothelial cells, the cells were needed to prevent rapid 

occlusion of the graft [94].  These grafts were tested in 25 patients and they did not 

show any sign of graft aneurysm, rupture, or calcification after a follow-up time 

ranging from 1-24 years. However, four of the patients exhibited asymptomatic 

stenosis and underwent successful angioplasty to expand the inner diameter. It is 

important to understand at a more mechanistic level why this late-stage stenosis 
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might have occurred, and the authors have been investigating this. For example the 

extent and duration of the foreign body response is an important consideration for 

any synthetic material.  

There are still questions about how well synthetic grafts would perform in 

patients for the coronary or peripheral arteries, since no synthetic grafts where the 

original material remains are currently in clinical trials for a high pressure 

application. However, groups have tested pure synthetic materials in animal models.  

Wu et al. developed an acellular TEVG composed of an inner layer of PGS generated 

with a salt fusion method and an outer layer of PCL generated with electrospinning 

[48]. The PGS provides an elastomeric and relatively quickly degrading component 

(i.e., ~ 2 months for degradation), and the PCL provides extended burst resistance. 

The graft was tested in a rat abdominal aorta model and the PGS was found to 

degrade and collagen and elastic matrix was deposited, indicating good remodeling. 

The PCL outer coating remained throughout times up to the 3 months tested and 

likely helped to maintain mechanical integrity.  This was a completely acellular graft 

that was heparin coated prior to grafting. The overall patency was 80.9% for grafts 

up to 3 months. Nieponice et al. also found positive results with their elastomeric 

thermally induced phase separated (TIPS) poly(ester urethane)urea (PEUU) graft 

[95]. This 1.3 mm luminal diameter TEVG was grafted in the rat abdominal aorta 

model. However, they found that reinforcement of the grafts with an outer layer of 

electrospun PEUU is required to prevent aneurysm formation and mechanical failure. 
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They showed that pre-seeding of the graft lumen with allogenic muscle-derived stem 

cells improved the patency rate significantly. The mechanistic reason for this type of 

response is likely related to why Dr. Breuer and colleagues observed a benefit with 

adding bone marrow mononuclear cells. However, it would be ideal if this pre-

seeding step were not needed. A promising result without pre-seeing was found in 

another study by the same group, where the lumens of PEUU TEVGs were 

covalently modified with a 2-methacryloyloxyethyl phosphorylcholine copolymer 

prior to implantation as aortic grafts in the rat [96]. They found that coating the graft 

lumen with this bioinspired, non-thrombogenic coating increased the patency from 

40% to 92% at 8 weeks post grafting. Mechanical integrity of the grafts still needs to 

be considered. The mechanical properties of the grafts changed with time of 

implantation, with the grafts being less compliant before implantation, exhibiting a 

compliance similar to the native vessel at 4 weeks post grafting, but then becoming 

stiffer again at latter time points. The authors mention that long term potential for 

aneurysmal dilatation cannot be dismissed based upon their reported study.   

Other studies that grafted synthetic TEVGS were not as successful at 

maintaining structural integrity. One study that grafted a woven PGA TEVG in a 

rabbit aorta found that 10% of their animals showed aneurismal dilation in the first 

month post grafting [97]. The PGA could not be identified 3 months after grafting. 

In another study, polyurethane/PLA TEVGs that were grafted in rats started to 

disintegrate after 12 days and completely fragmented within 1 year [98,99]. Out of 8 
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grafts, 3 of them developed aneurysmal dilation in 12 weeks and another 2 after 1 

year. Overall, these results indicate that synthetic grafts are not immune to 

aneurysmal dilation, and that they must generate new organized tissue to maintain 

structural integrity after the initial scaffold degrades.  

A study by de Valence et al. provided important results related to the 

inflammatory and tissue deposition responses in synthetic PCL-based TEVGs. They 

grafted electrospun PCL scaffold into the rat abdominal aorta and investigated the 

remodeling response at different time points up to 18 months [59]. They found that 

the material does not lose its mechanical integrity over 18 months and there was no 

sign of aneurysmal dilation. This can be expected since it takes more than 2 years for 

PCL to degrade in the body. However, they found that the graft became less 

cellularized and started to calcify at time points after 6 months.  This more extended 

time has rarely been considered in animal models, and the results from de Valence 

et al. suggests that a positive response of TEVGs at 6 months is not always indicative 

of a positive response at later times.   

These examples do not provide an exhaustive list of the types of synthetic 

materials that have been used to generate vascular grafts.  There are many other types 

of materials that have tested in cell culture or in small animal models.  These includes 

more traditional synthetic polymers such as polydioxanone, polyhydroxyalkanoate, 

and polyhydroxyoctanoate [100]. This also includes newer classes of materials such 

as synthetic ECM analogues that mimic the regulatory characteristics of natural ECM 
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molecules. Synthetic ECM analogues consist of a synthetic polymer, with 

proteolytically degradable peptides in their backbone as well as peptides such as 

RGD grafted into them to enhance cell adhesion. There has also been attempts to 

mimic only the ECM part (e.g., elastin like peptides – ELPs). ELPs are artificial 

polypeptides similar to the amino acid sequence found in tropoelastin. More details 

about ECM analogs have been reviewed elsewhere [101]. In many ways, these ECM 

analogs are designed to behave like blended synthetic and natural-derived materials.  

A.3.3  Blended Materials  

Many groups have developed promising TEVGs out of blended materials 

[102].  This includes blends of natural materials (e.g., collagen and elastin) with the 

goal of replicating the native blood vessel composition [1,41].  However, in this 

section we are highlighting the natural and synthetic blends that can ideally provide 

advantages of each component: improved cellular response from the natural 

component and structural integrity due to slow degradation.  For example, the natural 

materials such as collagen and fibrin can degrade quickly and release degradation 

products that have been linked to good integration and function of the cells within 

the TEVG [48,64]. Synthetic materials often provide the ability to degrade slowly 

and in a controlled manner through hydrolysis. However, the composition and 

processing of the scaffolds can significantly impact the results and there are still 

unanswered questions. For example, too high of a collagen content within TEVGs 
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produced through electrospinning will lead to loss of integrity after implantation in 

the body [103]. However, it is not yet clear how much of the natural material is 

needed for a positive long-term cellular response. 

Natural / synthetic hybrid TEVGs often involve PCL or an elastomeric 

segmented polyurethane in combination with collagen, elastin, or fibrin [104–108]. 

Some of the hybrid grafts that have been developed have been tested in animal 

models. One promising study by Koch et al. generated their TEVG, which was tested 

in a sheep model, by culturing a poly(D,L-lactide) (PDLLA) mesh embedded in a 

fibrin gel with cells from the same animal [104]. Their approach involved two 

surgeries with first a carotid artery harvest and grafting of a 6 mm ePTFE conduit, 

and then after 28 days of culture, grafting of the TEVG into a different section of the 

carotid artery. The results demonstrated the potential of this approach with no 

evidence of aneurysm formation after 6 months. Significant stenosis was only 

observed in only 1 of the 6 sheep. However, pre-seeding of endothelial cells was 

performed. The original fibrin scaffold degraded after 1 month and the majority of 

the PDLLA was degraded by 6 months. In another study by Wise et al., small 

diameter TEVGs were generated from blend of recombinant tropoelastin and PCL 

[106]. They performed a pilot in vivo study by grafting their acellular conduits into 

carotid artery of 3 rabbits for 1 months. Their grafts showed good suturability and 

after removal there was no evidence of aneurysmal-like dilation. Guang et al. also 

developed a small diameter TEVG from an inner layer of heparin-conjugated 
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polycaprolactone (hPCL) and an outer layer of polyurethane (PU) and collagen type 

I [107]. The grafts were tested in the femoral artery of a canine model. There are 

some questions about the applicability of this study since the animals were injected 

twice per day with penicillin to prevent infection because ethanol was used in place 

of a true sterilization method. One grafts out of a total of 6 was found to be occluded 

at 2 weeks, but the other grafts stayed patent up to the 8 weeks removal time point. 

For these grafts, there was no sign of stenosis, thrombosis, or aneurysm dilation. 

Overall, there have been some promising results with a variety of blended scaffolds.  

However, it is important to determine how well these grafts will perform in large 

animal studies. Developing a blended graft that can be used clinically will require 

optimizing the composition and the processing method.  

Hybrid scaffold can be prepared in multiple different ways ranging from 

blending with individual electrospun fibers[109] to wrapping a decellularized matrix 

around the outside of a synthetic scaffold [32]. Many of these blended TEVG 

scaffolds have had at least one component processed into the 3D form with 

electrospinning. The method of processing and the resulting material properties (e.g., 

crystallinity and distribution of the natural component) should have an important 

impact on graft patency, structural integrity, and remodeling.  
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A.3.3.1  Impact of Processing Techniques on Material Properties 

Limited work has been performed to characterize the crystallinity and 

distribution of the components within TEVGs and their impacts on the graft response 

in the body.  However, these properties will likely be one reason why some blended 

scaffolds will be successful as TEVGs and others will not.  Some studies outside of 

the vascular field can be helpful in assessing the importance of these material 

properties. For example, one study found that surface crystallinity impacts cell 

proliferation rate, with a decrease in the proliferation of fibroblasts as the surface 

crystallinity increases [110].  Another study by Washburn et al. also showed a 

decrease in cell division for MC3T3-E1 osteoblasts on crystalline surfaces (Figure 

3) [111]. More importantly, a decrease in crystallinity can potentially lead to weaker 

scaffolds and lower burst pressures.  It can also be expected that a difference in 

distribution of synthetic and natural components at the surface of the scaffold will 

lead to differences in cell interactions, potentially impacting thrombosis and the 

inflammatory response.    
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Figure A.3 Impact of processing techniques on material properties. Atomic force microscopy 

(AFM) data showing that the surface roughness of PLLA increases with increasing crystallinity 

(A). The corresponding cell density results from fluorescent microscopy (DAPI) are shown (B). 

Crossed-polar optical micrographs of PLGA/PCL for different polymer ratio and annealing 

temperature show phase separation (C). The white areas are crystalline PCL and dark areas are 

primarily amorphous PLGA. Three dimensional AFM image showing the height difference 

between the two polymer domains and the average height difference between polymers for 

different polymer ratios and annealing temperature. (A) and (B) Reproduced with permission 

[111]. Copyright 2004, Elsevier. (C) and (D) Reproduced with permission [118] Copyright 2005, 

Elsevier. 
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 Crystallinity will be impacted by the processing technique and the particular 

materials that are incorporated.  For example, electrospinning has been shown to 

lead to a reduction in crystallinity in semi-crystalline polymers compared to the 

unprocessed polymer [112,113].  The polymers chains have limited time to 

organize before the solvent evaporates. The crystallinity of polymers such as PCL 

is also impacted by other properties such as the type of solvent and voltage [113]. 

For the impact of solution concentration, there are two studies that have reported 

opposite effects [113,114].  Blending two difference components generally leads to 

a decrease in crystallinity (Figure 4) [115]. For example, Hartman et al. 

demonstrated a decrease in crystallinity with incorporating 50% (w/w) gelatin with 

PCL (i.e., a degree of crystallinity of 36.1% for pure PCL decreasing to 19.6%) 

[113]. The impact of electrospinning on crystallinity for solutions with suspended, 

insoluble particles appears to vary with the nature of the particles (e.g., multi-

walled carbon nanotubes) [116].  Importantly, work by Younes et al. suggests that 

particular ratios of two semi-crystalline polymers may determine which component 

is able to crystallize in a blended scaffold. [117]. In this study, they investigated 

blends of poly(ethylene glycol)(PEG) and PLA with differential scanning 

calorimetry. They found that when the composition ranged between 20-70% PEG, 

both crystalline phases formed. However, when one component was present at less 

than 20% only the dominant component crystalized and the minor component 

dispersed as an amorphous phase within the major component. If this same 
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phenomenon is observed within blended scaffolds used for vascular grafts, this may 

indicate that the ratio of natural to synthetic materials may be very important for 

success of the TEVG.   

The distribution of the two components in a blended scaffold is also likely 

important for TEVGs and it is very dependent on the processing technique. In a study 

performed by Sung et al. they showed that polymer ratio and annealing temperature 

affect the distribution of PCL within PLGA, surface topography, and SMC adhesion 

[118]. Interestingly, they showed that this response was related to phase separation 

of the polymers that resulted in nanoscale surface roughness (Figure 3). The 

roughness varied for different polymer ratios and temperature regimes.  In addition, 

Macromolecule	A	(semicrystalline)

Macromolecule	B	(amorphous)

Macromolecule	C	(semicrystalline)

A
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0.08

Figure A.4 Effect of blending on electrospun polymers. A single semicrystalline polymer is 

shown (A); a blend of semicrystalline polymer with an amorphous polymer showing that the 

crystallinity decreased (B); and blends of 2 semicrystalline polymer demonstrating that 

crystallinity varies with the ratio of the components (C) 



Reprinted with permission from Shojaee, M., & Bashur, C. A. Advanced Healthcare 
Materials, (2017) 

219	
	

with a natural to synthetic blend, the presence of the natural component on the surface 

would be important for cell interactions.  Our lab and others have shown that collagen 

is present on the surface when electrospinning natural/synthetic blend 

materials[119,120]  There are still questions about how homogenous the distribution 

of components in these systems are. If there was phase separation of the collagen to 

the surface of the fibers, this could be explained by the finding from Dr. John 

Rabolt’s group [121,122], where condensation forms on the surface of the fibers 

during electrospinning in a humid environment. It is known that phase separation can 

occur with electrospinning. For example,  Verreck et al. reported a phase separation 

of drugs from amorphous polyurethane fibers during electrospinning [123]. 

However, it can be expected that there is also some collagen distributed within the 

inside of electrospun fibers because of the decrease in crystallinity of the synthetic 

component that is observed with blended materials. In addition, it has been shown 

for TEVGs that too high of a collagen content will lead to a significant drop in burst 

strength for the conduit [103]. Overall, the understanding of the distribution of 

components in blended TEVGs needs to be better characterized. 

A.4  Benchmarks for Graft Viability 

Quantitative benchmarks for graft viability could aid in the development of 

the first coronary or peripheral artery TEVG to show clinical success.  Important 

benchmarks are already provided in the ISO 7198 standard Cardiovascular Implants 
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– Tubular Vascular Prostheses and other relevant standards for medical devices. 

However, it would be helpful to have certain benchmarks more specific to TEVGs, 

and that will require further research.       

Basic requirements for structural integrity are already described in ISO 7198. 

This includes the requirements that grafts maintain biostability over the expected 

lifetime of the graft and that animal studies must be performed with results assessed 

at least 20 weeks after grafting. However, previous TEVG results suggest that study 

duration may need to be correlated with the rate of scaffold degradation to assess 

long-term graft viability. Further, the difference in results observed by the Walpoth 

group at greater than 6 months after grafting in a rodent model suggest that there may 

be important differences in remodeling after extended times points, especially for 

slowly degrading synthetic materials [59]. Overall, six months is the standard length 

of time for TEVGs in large animal models, but there may be important information 

to be obtained about certain TEVG strategies at longer implantation times.   

Another challenging outcome is the prevention of significant stenosis.  There 

is a distinction made in vascular surgery between grafts that failed and those that are 

failing [124]. Significant stenosis is often defined as a 50% decrease in luminal 

diameter [28,29]. For example, a patent by Dr. Breuer and Dr. Fahmy (US 

20160271152 A1) describes stenosis, critical stenosis, and occlusion as 50%, 80%, 

and 100% reductions in diameter, respectively. The consideration of critical stenosis 

is important because of the increased risk of thrombosis as the lumen narrows and 
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the corresponding hemodynamic change.  However, the scaffold properties and/or 

endothelial cell-seeding technique needed to prevent initial thrombosis and long-

term intimal hyperplasia are not yet clear. While it is difficult to define specific 

ranges of biomaterial properties for all types of TEVGs scaffolds, more research is 

needed to understand important questions. For example, how small of a graft 

diameter can be reliably used without requiring endothelial cell pre-seeding, and 

instead recruit endothelial or progenitor cells in the body? The current research 

suggests that careful modification of the luminal surfaces of TEVGs may be able 

prevent the need for pre-seeding of clinical grafts < 4 mm (Table 2). There have even 

been a few studies that have not pre-coated the luminal surface with an anti-

coagulant.  However, more research is needed to understand why these particular 

surfaces provide this beneficial anti-thrombogenic property. In addition, appropriate 

levels of endothelial cell function needed to prevent intimal hyperplasia are not yet 

clear.  It is known that the biomaterial properties are critical in allowing endothelial 

cells to proliferate and develop a healthy function. Overall, further research will 

hopefully provide a better understood of biomaterial choice for vascular tissue 

engineering.   
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Scaffold 
material 

Treatment Luminal 
Diameter  

Grafting site Patency Article 

Collagen type I Lumin treated with 
heparin-benzalkonium 
chloride 

 

4 mm Rabbit 
carotid artery 

100% [75] 

Initially fibrin 
then 
deccellularized  

Daily anticoagulant 
drugs throughout 
study 

 

4 mm Femoral vein 
of sheep 

100% [79] 

Decellularized 
porcine carotid 
artery 

Luminal with heparin 
immobilized 

 
 

Not 
provided 

Carotid 
artery of dogs 

The 2 
animals 
patent 

[125] 

PGS/PCL Luminal treatment 
with heparin 

 

0.72 mm Rat 
abdominal 
aorta 

 

80.9% [48] 

Poly(ester 
urethane)urea 

Luminal 
immobilization of  2-
methacryloyloxyethyl 
phosphorylcholine and 
heparin injected at 
surgery 

 

1.3 mm Rat aorta Improved 
to 92% 
with 
coating 

 

[96] 

PCL No treatment 
 

2 mm Rat 
abdominal 
aorta 

 

100% [59] 

Elastin/PCL No pre-treatment, but 
heparin injected at 
surgery 

 

2.8 mm Rabbit 
carotid artery 

 

100% [106] 

PCL/polyureth
ane-collagen 

Luminal treatment 
with heparin 

 

2.5 mm Femoral 
artery of dog 

77% [107] 
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A.5  Conclusion and Outlook 

A wide variety of challenges have been proposed as critical for the field of 

vascular tissue engineering. The field has progressed with several products that have 

addressed many of these challenges and have demonstarted promise in clinical trials. 

However, there is not yet a TEVG that has been shown to be successful in clinical 

trials for coronary or peripheral arteries less than 4 mm in diameter. This progress 

report discusses the critical challenge for developing TEVGs for these small diameter 

vessels and the ability of different scaffold properties to meet these challenges. Both 

structural integrity and stenosis / occlusion are important concerns that need to be 

the primary focus of future research.  

A variety of scaffold-based and scaffold-free approaches have demonstrated 

potential. However, most of these have had the limitations that pre-seeding of 

endothelial cells has typically been performed to prevent stenosis and that these 

grafts often undergo aneurysmal dilation if they have not remodeled and integrated 

with the surrounding vessel at the time when the original material degrades. There 

are certain scaffold materials / fabrications strategies that work for other applications, 

but have shown less promise for small-diameter, high pressure arteries. These 

include pure collagen-based scaffolds and quickly degrading synthetic polymers that 

do not promote integration in the body. However, there are multiple scaffold options 

that may be able to provide the required properties. It is very difficult to identify an 

optimal graft composition because the requirements will vary depending on the 
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overall strategy (e.g., pre-seeding of endothelial cells or recruiting the cells in the 

body).  However, it does appear that viable TEVGs for arteries less than 4 mm in 

diameter will require either a scaffold that has been provided time to start the 

maturation process and generate ECM prior to grafting or a scaffold has a slowly 

degrading component such as PCL to provide time for the graft to mature in vivo. 

Both of these strategies will require the ability to prevent long-term inflammation 

and negative remodeling responses.   

It will be difficult for a scaffold composed of one material to provide enough 

of the important properties to mainting graft viability.  Thus, blended scaffolds with 

both a natural component and a slowly-degrading synthetic component have the 

potential to provide unique properties that their pure components cannot provide 

individually. Some of the recent results in animal models suggest that blended TEVG 

strategies, maybe in combination with surface modification, might offer the potential 

to generate an accelular graft without the requirement of pre-seeding endothelial 

cells. However, more research is needed to understand the impact of biomaterial 

composition, 3D processing technique, and post-processing modification on 

balancing thrombosis, intimal hyperplasia, remodeling, and structural integrity. 

Careful control of these properties for blended materials or other strategies will be 

needed for the field to generate the first clinical TEVG for arteries < 4 mm in 

diameter.  
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